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Abstract

Optical coherence tomography (OCT) is an interferometric non-invasive imaging
technique that is capable of creating cross-sectional images of biological tissues.
The resolution of those cross-sectional images is in the micrometer range.

Doppler OCT is an extension of the post-processing method used for regular OCT
and allows the determination of the sample particles’ velocities via the Doppler
effect.

In this work, a measurement system for the determination of relative changes in the
blood flow of large retinal vessels in rat eyes was developed. The system consists
of a single beam Fourier-domain OCT (FDOCT) setup, capable of measuring blood
flow velocities in large retinal vessels, and a commercially available dynamic ves-
sel analyzer for rodents, which allows high precision measurements of retinal vessel
diameters. Both systems are coupled, so that blood flow velocities and vessel diam-
eters of retinal vessels can be detected simultaneously. Furthermore, a method to
detect changes in the retinal microcirculation using the same measurement system
was developed and tested.

The newly developed measurement system as well as the novel method for the as-
sessment of the retinal microcirculation in rat eyes were both evaluated using in
vitro tests before any in vivo experiments in test animals were conducted. There-
after, oxygen breathing and flicker light induced blood flow changes were measured
in large retinal vessels in the rat eye. The results of these experiments are in the
range of the values presented in earlier human studies. Furthermore, the findings of
the subsequent microcirculation hyperoxia experiments in this thesis are in excellent
agreement with the hyperoxia data of large retinal vessel experiments.

The promising results of the presented measurement system and microcirculation
assessment method show a high potential for the study of ocular diseases and their
underlying mechanisms in animal models. Such studies may contribute to the fur-
ther understanding of ocular diseases and thus help to develop possible treatment
methods.
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Kurzfassung

Optische Kohärenztomographie (OCT) ist ein nichtinvasives interferometrisches bild-
gebendes Verfahren, welches in der Lage ist, Querschnittbilder von biologischem
Gewebe zu erstellen. Die Auflösung dieser Querschnittbilder bewegt sich im Mikro-
meterbereich. Eine Erweiterung der üblichen Datenauswertungsroutine von OCT
Systemen ermöglicht es, die Geschwindigkeiten der untersuchten Probenteilchen ba-
sierend auf dem Dopplereffekt zu bestimmen; diese Erweiterung wird Doppler OCT
genannt.

Im Rahmen der vorliegenden Arbeit wurde ein Messsystem zum Zwecke der Bestim-
mung von relativen Änderungen des Blutflusses in großen Netzhautgefäßen in Rat-
tenaugen entwickelt. Das System besteht aus einem in der Fourier-Domäne arbeiten-
den einstrahligen OCT Aufbau, der in der Lage ist, die Blutflussgeschwindigkeiten
in großen Netzhautgefäßen zu messen und einem kommerziell erhältlichen Gerät zur
hochpräzisen Bestimmung von retinalen Gefäßdurchmessern in Rattenaugen. Beide
Systeme sind miteinander gekoppelt, um die gleichzeitige Messung von Blutflussge-
schwindigkeiten und Gefäßdurchmessern von Netzhautgefäßen zu ermöglichen. Wei-
ters wurde unter Benutzung desselben Messsystems eine Methode zur Bestimmung
von Änderungen in der retinalen Mikrozirkulation entwickelt und getestet.

Sowohl das entwickelte Messgerät als auch die neue Messmethode zur Erfassung
von Änderungen in der retinalen Mikrozirkulation in Rattenaugen wurden durch
in vitro Experimente getestet, bevor die ersten in vivo Versuche durchgeführt wur-
den. Anschließend wurden Blutflussänderungen in großen Netzhautgefäßen, bedingt
durch das Einatmen von reinem Sauerstoff, sowie durch Lichtstimulation mittels ei-
nes Stroboskops im Rattenauge gemessen. Die gemessenen Gefäßdurchmesser- und
Blutflussgeschwindigkeitsdaten bewegen sich in derselben Größenordnung wie in be-
reits publizierten Humanstudien. Weiters stimmen die Resultate der anschließend
durchgeführten Hyperoxie Experimente in der Mikrozirkulation sehr gut mit den an
großen Netzhautgefäßen ermittelten Hyperoxie Daten überein.

Die Ergebnisse der Messungen mit dem vorgestellten Messsystem und der Metho-
de zur Erfassung der Mikrozirkulation sind vielversprechend und zeigen, dass beide
Entwicklungen in hohem Maße geeignet erscheinen, diverse Augenkrankheiten und
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Kurzfassung

deren zugrundeliegende Mechanismen in Tiermodellen zu untersuchen. Solche Unter-
suchungen können in Zukunft dazu beitragen, Augenkrankheiten besser zu verstehen
und dabei helfen, mögliche medizinische Behandlungsstrategien zu entwickeln.
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1 Introduction

Numerous ocular diseases such as age-related macula degeneration [1, 2], diabetic
retinopathy [3–5] and glaucoma [6, 7] are related to abnormalities and disturbances
in the retinal perfusion [8]. Thus, several non-invasive blood flow measurement
techniques have been developed in the recent years, even though the quantification
of the ocular blood flow is quite difficult. In spite of the fact that none of these
techniques have found their way into clinical practice, they helped to improve the
understanding of the ocular circulatory supply in the recent years [9]. A short
overview of the most important methods to assess the ocular blood flow is given in
section 2.5.

Using a dynamic vessel analyzer (DVA) and a laser Doppler velocimetry (LDV)
system, Garhöfer et al. [10] showed that the interindividual variability of the ocular
blood flow is high, which shows that the comparison of absolute retinal blood flow
values between individuals is not useful for diagnostics. Therefore, it might be more
interesting to study the relative changes in the retinal blood flow due to stimuli
(e.g. 100 % oxygen breathing or flicker light) as it has been shown that the oxygen
breathing induced vasoconstriction [11] and the vasodilative response to flicker light
stimulation [12] of retinal vessels are disturbed in early diabetic retinopathy.

Optical coherence tomography (OCT) is a non-invasive high-resolution imaging
technique which has become increasingly prominent in ophthalmology in the re-
cent years. This technique is capable of creating cross-sectional images of tissue
structures in real-time, with resolutions comparable to the ones of excisional biopsy
and histopathology. Doppler OCT is a functional extension of OCT, which can
acquire structural cross-sectional images of the tissue under study and the veloc-
ities of moving sample particles (e.g. red blood cells) simultaneously. Lately, this
rapidly developing imaging technology has become a well established method for the
measurement of the retinal blood flow [8, 13].

The aim of this work was the development of a Doppler OCT system that is capable
of measuring relative blood flow changes in large retinal vessels, as well as in the
retinal microcirculation of the rat. The system is combined with a DVA rodent
for a high precision measurement of the retinal vessels’ diameters. The second
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1 Introduction

part of this work, namely the assessment of the retinal microcirculation, required
a whole new data acquisition and a new post processing method to be developed.
The measurement system’s capability to determine changes in the retinal blood
flow in large retinal vessels due to 100 % oxygen breathing as well as due to flicker
light stimulation was demonstrated in vivo. Furthermore, oxygen breathing induced
changes in the blood flow velocities of the retinal microcirculation were detected in
the rat.
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2 Medical aspects

The eye is the organ that gives us the sense of vision, which is probably the most
important of our senses. Humans with healthy eyes rely on them for nearly every
activity. Detecting the back-reflected or emitted light from the objects surround-
ing us and processing this information allows us to see these objects, their shape,
dimension and color.

Since numerous ocular diseases can cause loss of vision or even blindness, it is of
great interest to gain a better understanding of the mechanisms underlying these
eye diseases. A good way to study such diseases under controlled conditions is to
use animal models.

In the course of this work, rats were used as animal models for all in vivo measure-
ments. A short overview of the anatomy and physiology of the rat eye will be given
in the following, as it is of relevance for the understanding of the measurements.

2.1 Anatomy of the rat eye

The main structures which can be found in every mammalian eye [14, 15], thus of
course also in the rat eye, are illustrated in Fig. 2.1.

The sclera is the outermost layer of the eye. It is of an opaque white color and has
the muscles for the eye movement attached to it. The main functions of the sclera
are to serve as protective layer and to maintain the shape of the eye ball since it
is an extremely hard, dense and hence unyielding membrane. The front of the eye
is formed by the cornea, which is also a very dense but transparent tissue that is
connected to the sclera. The cornea does not contain any blood vessels; therefore it
is nourished by diffusion from the tear film from the outside and the aqueous humor
(the liquid in the anterior and the posterior chamber) from the inside. The choroid
is a tissue layer that is directly attached to the inside of the sclera. It consists mainly
of the choroidal arteries and veins branching to form a dense capillary meshwork
which supplies the outer retinal layers. The innermost layer of the eye, the retina,
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Figure 2.1: Simplified cross-sectional view of the rat eye with its main components
(adapted from [16–18]).

is directly adjoined to the choroid and consists of several layers as illustrated in
Fig. 2.2. Usually, one distinguishes between the inner retina, which includes all layers
between the inner limiting membrane and the outer plexiform layer, and the outer
retina, consisting of outer nuclear layer, outer limiting membrane, photoreceptor
layer containing the rods (very sensitive low light photoreceptor cells for black-and-
white vision) and the cones (photoreceptor cells for color vision), and retinal pigment
epithelium layer [19, 20].

Since too high intensities of the incident light can damage the photoreceptors and
the other cells in the retina needed for vision, mammalian eyes have an aperture,
called the pupil to regulate the intensity of the light passing into the eye. The
size of the pupil is determined by the iris which forms the border between anterior
and posterior chamber and consists mainly of connective tissue and smooth muscle
fibers.

For the brain to receive an image from the eye, light has to pass the refractive media
of the eye, namely the cornea, the aqueous humor, the lens and the vitreous humor
(the liquid filling the vitreous body). The cornea and the lens focus the incident
light on the retina, where the photoreceptors convert captured photons in electrical
signals that can be processed by the brain. The total refractive power of the rat eye
is around 300 dpt [22].

The pupil can be temporarily dilated by administration of mydriatics such as e.g. at-
ropine or tropicamide; this is necessary for some ophthalmologic examination meth-
ods such as, for instance, fundus photography.
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Figure 2.2: Cross-sectional view of the rat retina showing: inner limiting membrane
(ILM), nerve fiber layer (NFL), ganglion cell layer (GCL), inner plexiform
layer (IPL), inner nuclear layer (INL), outer plexiform layer (OPL), outer
nuclear layer (ONL), outer limiting membrane (OLM), photoreceptor layer
(PRL) and retinal pigment epithelium layer (RPE) [21].

2.2 Retinal perfusion

The inner retina is supplied with blood, via the central retinal artery (CRA) and
drained by the central retinal vein (CRV). Fig. 2.3 shows the branches of the CRA
emerging from the optic nerve head (ONH) as well as the big tributaries that form
the CRV by their union, leaving the retina through the ONH. The larger retinal
vessels are located in the nerve fiber layer (NFL)i, the arterioles and the venules
are distribute throughout the layers of the inner retina reaching as deep as the
inner nuclear layer (INL) [23]. They form two capillary networks: the deeper one is
located in the inner nuclear layer near the outer plexiform layer while the superficial
capillary meshwork lies in the nerve fiber layer or the ganglion cell layerii [24, 25].
The outer plexiform layer is believed to receive its nutrients from both retinal an
choroidal vessels. The layers of the outer retina have no blood vessels of their own
and are hence nourished from the choroidal capillaries by diffusion [25].

iThe large retinal veins, measured in section 4.4, were located in the NFL.
iiThe microvessels measured in section 5.5 are mostly capillaries of these two capillary networks,

as well as the already mentioned arterioles and venules that are distributed throughout the layers
of the inner retina.
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Figure 2.3: Fundus image of a pigmented rat eye; the CRA and the CRV emerge from
the ONH and branch to the retinal vasculature network which supplies the
whole inner retina.

2.3 Differences between rat eye and human eye

When studying optical diseases in animal models or more precisely in rat eyes, as
done in this thesis, it has to be kept in mind that, even though humans and rats
are both mammals, there are some major differences between the eyes of those two
species. The most obvious difference is the size of the eye ball: while the human eye
ball has a length of about 24 mm [19] the rat eye has a length of about 6 mm [22].
The rat eye has a total refractive power of 300 dpt. The lens contributes the main
part, namely 80 % of this refraction [22]. The lens occupies approximately 2/3 of the
rat eyes’ intraocular cavity [26] which leaves less than 30 % for the vitreous body (see
Fig. 2.1). In the human eye on the other hand, about 75 % of the refraction happens
at the cornea; the total refractive power of the human eye amounts to 59 dpt for a
relaxed eye [20]. As illustrated in Fig. 2.4, the vitreous humor fills about 80 % of the
human eye ball [19]; consequently, the lens occupies less than 20 % of the eye bulb.
Rats have no macula [26, 27] and hence no foveaiii which means they have no sharp
central vision. Furthermore, rats seem to be unable to accommodate since they can
not change the shape of their lenses due to their poorly developed ciliary muscle.
Another interesting fact is that rats have photoreceptors for color vision but only
for blue and green light [29].

In spite of the large differences between rat eye and human eye, the rat model is
often used to study ocular diseases and their underlying mechanisms. There are

iiiThe fovea is a cavity in the retina with the highest photoreceptor density of the eye (mostly
cones in the human eye), thus, it is responsible for the sharp central vision [28].
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Figure 2.4: Simplified cross-sectional view of the human eye [21].

several reasons for this: rats are cheap, they grow fast and are easily bred, due to
their small size, rats are easily handled and can be kept in narrow space, which
makes the keeping and the experiments cheaper.

2.4 Ocular Diseases

One reason to perform ophthalmologic animal experiments, is to get proper animal
models for human eye diseases or to test medications and hence be able to develop
effective treatments for these diseases. Therefore, the most common eye diseases
related to disturbed blood flow are described very briefly in this section.

2.4.1 Age-related macula degeneration

Age-related macula degeneration (AMD) is one of the primary reasons for central
vision loss in people over 65 years of age in developed countries. This disease mainly
affects the choriocapillaris, Bruch’s membraneiv and the RPE, but the visual loss is
due to the photoreceptor dysfunction caused by atrophy and choroidal neovascular-
isation (CNV). There are two different types of AMD, non-neovascular (dry) AMD
which includes 80 % of all diagnosed cases and neovascular (wet) AMD, the more
severe form that causes about 80 % of the significant visual disability associated
with this disease. The main reason for visual loss from dry AMD is geographical
atrophy in the foveal region while wet AMD is characterized by CNV from the chori-

ivBruch’s membrane is located between the RPE and the choroid; it functions as barrier to large
molecules and is also known as outer blood-retinal barrier [30].
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ocapillaris under the macular region. Unfortunately, until now, treatment is largely
unsatisfactory and prevention is usually not possible. Furthermore, many of the
causes of AMD and CNV are unknown [31].

2.4.2 Diabetic retinopathy

Diabetic retinopathy is still one of the the leading causes for new blindness in most
industrialized countries even though it is well treatable: less than 5 % of the patients
receiving an early treatment suffer from severe visual loss. Hence, most cases of di-
abetic retinopathy leading to lost vision can be explained by the delay in seeking
medical attention. The early stage of the disease is called nonproliferative diabetic
retinopathy (NPDR) and it is characterized by microaneurysms, intraretinal hem-
orrhage as well as macula edema or retinal thickening where the intercellular fluid
comes from diffuse capillary leakage or from leaking microaneurisms. Microvascular
occlusions and leakage result in ischemia and nerve fiber infarcts. If the ischemia is
severe enough it can lead to neovascular proliferation and vessels start growing at the
optic disk or elsewhere in the retina. This stage of the disease is called proliferative
diabetic retinopathy (PDR).

Macula edema, exudates and capillary occlusions in NPDR are the primary reasons
for legal blindness in diabetics. Patients suffering from NPDR typically maintain at
least ambulatory vision. The late stage of PDR is characterized by severe vitreous
hemorrhage or retinal detachment, which may result in hand-movements vision or
worse [32].

2.4.3 Glaucoma

Glaucoma in all its forms is one of the major causes of irreversible blindness in the
world. This disease is a progressive optic neuropathy that is characterized by the
loss of retinal ganglion cells and their axons as well as tissue remodeling in the ONH
and in the retina. A visible cupping of the optic disc and a measurable thinning
of the retinal nerve fiber layer are consequences thereof. Patients suffering from
glaucoma experience progressive visual field defects and a decrease in contrast and
color sensitivity. Intraocular pressure (IOP) is considered to be one of the major
risk factors of glaucoma. The increased IOP is caused by poor drainage of the
aqueous humor due to a change in the trabecular meshwork that leads to a higher
resistance for the aqueous outflow through the canal of Schlemm (primary open
angle glaucoma) or due to blockage of the trabecular meshwork because of a too
narrow chamber angle (angle closure glaucoma).
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There is increasing evidence that disturbances in the ocular blood flow play a role in
the pathogenesis of glaucomatous optic neuropathy; fluctuations in the blood flow
appear to be more harmful than a steady reduction of ocular blood flow [20, 33–36].

2.4.4 Venous obstructive disease of the retina

Venous obstructive disease of the retina is the second most common retinal vascular
disorder after diabetic retinopathy (see section 2.4.2) and is mostly found in people
over 50 years of age. Depending on the vessel that is obstructed it can be divided into
central retinal vein obstruction and branch retinal vein obstruction, occurring three
times as often as the former. Visual loss is usually caused by macular edema, macular
ischemia and vitreous hemorrhage where macular edema is the most common reason
for vision loss in retinal vein obstruction. Central retinal vein obstruction can be
divided into nonischemic central retinal vein obstruction, 75−80 % of the patients
have this milder form, and ischemic central retinal vein obstruction also known as
severe, complete or total vein obstruction, and hemorrhagic retinopathy [37].

2.5 Techniques for measuring retinal blood flow

Since numerous ocular diseases leading to visual loss, including the ones described
in section 2.4, are related to abnormal retinal perfusion, a short overview over the
most important techniques used to investigate abnormalities in the retinal blood
flow will be presented in this section.

2.5.1 Color Doppler imaging

Color Doppler imaging (CDI) is an ultrasound based method that combines cross-
sectional tomograms (B-scans) with velocity information gained from the Doppler
shift of the moving red blood cells. CDI was developed to monitor the blood flow in
the heart and its branching vessels, but this technique can also be used for the blood
flow measurement in retrobulbar vessels. CDI systems can measure the peak systolic
velocity as well as the end diastolic velocity from which the mean flow velocity can be
calculated. One major drawback of this method is the fact that no vessel diameters
and hence no total blood flow can be measured [38–40].
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Figure 2.5: Color photograph (a), fluorescein angiography (b) and ICGA (c) of a 72
year-old patient with early AMD [41].

2.5.2 Angiography

Angiography uses a contrast agent, which is usually some kind of dye, that is injected
intravenously. The contrast agent is excited with one wavelength and then emits
another wavelength which will be detected by a photo camera or a video camera
with high resolution. Fluorescein and indocyanine green (ICG) are two commonly
used contrast agents in today’s clinical practice. While fluorescein is excited with
blue light and emits yellow-green light, ICG angiography (ICGA) uses near-infrared
light for both excitation and detection. Since infrared light has a higher penetra-
tion depth than visible light, ICGA is used to visualize the choroidal vasculature
whereas fluorescein angiography mainly shows the retinal vasculature (see Fig. 2.5).
Angiographic techniques are usually used for visualization of anatomic structures
of the organs under study. However, several attempts have been made to find a
way to quantify the retinal blood flow using angiographic methods. Most of these
approaches measure the time it takes the contrast agent to pass through a certain
retinal or choroidal area. The measurement of blood velocities in retinal capillaries
proves to be difficult since it is done by tracking of hyperfluorescent and hypofluo-
rescent dots which requires excellent image quality. The major drawback of these
methods is that they are based on the assumption that the blood from one specific
retinal artery supplying a certain area is drained by the corresponding vein, which
is not necessarily true [38–40].

2.5.3 The blue field entoptic technique

If the retina is illuminated with blue light with a center wavelength of approximately
430 nm and with a narrow bandwidth, the subject under study can observe its own
white blood cells in the perifoveal vessels as tiny moving corpuscles. Due to different
absorption properties red blood cells absorb the short wavelength light while the
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white blood cells do not. The effect that one can see ones own moving leukocytes
when illuminated with blue light of 430 nm is called blue field entoptic phenomenon
[42]. To get quantitative data using this technique, a simulated particle field is
shown to the subjects under study, who have to adjust number and mean velocity of
the simulated particle field to their own perception of their moving leukocytes. The
perifoveal flux of the white blood cells can be estimated from the adjusted simulated
particle field. Consequently, this is a very subjective method that needs sufficient
cooperation of the subject. Furthermore, it is not clear if the retinal blood flow is
directly proportional to the leukocyte flux under all clinical conditions [38–40].

2.5.4 Laser Doppler velocimetry

With laser Doppler velocimetry (LDV) relative blood flow velocities in retinal ar-
terioles and venules can be determined. High coherent laser light is used to illumi-
nate the desired vessel and the beat frequencies between the back reflected Doppler
shifted light from the moving red blood cells and the reflected or scattered unshifted
light from the vessel wall and the surrounding tissue are detected by a photodiode.
These beat frequencies correspond to the Doppler frequency shifts and hence to the
velocities in the vessel under study. The maximum frequency shift of the power
spectrum is related to the maximum center velocity within the vessel. To measure
absolute center blood velocities, a bidirectional LDV setup can be used [43]. The
major limitation of the LDV technique is its inability to assess the diameter and
hence the blood flow of the vessel under study [38–40].

2.5.5 Laser speckle technique

When coherent light is back scattered from the rough surface of the ocular fundus,
an interference pattern that is called ‘speckle pattern’ can be observed. This laser
speckle pattern changes rapidly due to the movement of the red blood cells. The
rate of this variation gives an estimate of the blood cell velocity and can hence be
used for the quantification of the retinal blood flow. Consequently, systems able to
assess the retinal, the choroidal and the ONH blood flow velocities have been built.
However this technique gives no vessel diameter information and is therefore unable
to measure the retinal blood flow [39, 40].

2.5.6 Retinal vessel diameter measurement

To measure relative or absolute blood flow values, the blood flow velocity alone is
not enough; it is necessary to know the vessel diameter as well. To obtain the exact
vessel diameters, fundus camera based systems like the retinal vessel analyzer (RVA),
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designed by Imedos (Jena, Germany), have been developed. Adaptive algorithms
allow the RVA to track and record the diameters of larger vessels in real-time. The
system combines high spatial and temporal resolution with high reproducibility.
Aside from the fact that the RVA can only assess diameters of larger vessels, however,
the method may also suffer from blurring of the subjects’ ocular medium. The
combination of velocity and diameter measurements allows the assessment of the
ocular blood flow as done e.g. in the Canon Laser Doppler blood flowmeter (Canon;
Tokyo, Japan) [39, 40].

2.5.7 Laser Doppler flowmetry

Using the laser Doppler flowmetry (LDF) technique, it is possible to determine the
relative blood flow in retinal and choroidal capillary beds: laser light is directed
towards vascularized tissue not containing any larger vessels. There, the incident
light is scattered by the red blood cells. According to the scattering theory of light
in tissue that was formulated by Bonner and Nossal [44], a complete randomization
of light directions after scattering on the erythrocytes is assumed. The relative
mean velocity data is obtained from the measured Doppler shift power spectrum
(DSPS) of the back scattered light. The relative blood volume can be calculated
by integrating the DSPS curve and the product of mean velocity and blood volume
yields the relative blood flow. Interindividual comparisons of data measured using
an LDF system are difficult and generally not recommended since LDF values vary
considerably between subjects because they are strongly dependent on the individual
vascular density and vessel orientation. Nevertheless, LDF can be used to study the
reaction of the ocular vasculature to different physiological and pharmacological
stimuli, since it has a high intraindividual reproducibility [38–40].

2.5.8 Pulsatile ocular blood flow

The volume of and the pressure inside the eye change due to the systole and diastole
of the cardiac cycle. This is called ocular pulsation. The highest ocular volume
and pressure occur during the systole, when the inflow through the ocular arteries
exceeds the outflow through the ocular veins. This correlation between volume,
pressure and blood flow can be used to estimate the pulsatile ocular blood flow
(POBF). Basically, there are two methods to do that. The first approach (the
pneumotonometric method) observes the IOP during a cardiac circle; based on a
theoretical model, the POBF is calculated from the maximum IOP change during a
heart cycle (pulse amplitude). In the second approach (the interferometric method)
the change of the distance between cornea and retina due to the varying ocular
volume and pressure (ocular fundus pulsation) is measured. Since the interferometric
method uses a collimated laser beam that is focused on the retina, no total but only
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the local POBF can be measured. The major limitation of this technique is the
lacking information about the non-pulsatile component of the ocular blood flow
[38–40].

2.5.9 Retinal function imager

The retinal function imager (RFI) was originally a brain imaging technique that
has been adapted for the retina. It measures intrinsic reflective differences. The
technique is able to assess quantitative and qualitative hemodynamic parameters
such as retinal blood flow velocity, blood oximetry, metabolic responses to photic
stimulation, and to generate capillary perfusion maps that provide retinal vascula-
ture detail similar to fluorescein angiography. The RFI method combines fundus
imaging with functional optical imaging: the system is basically a fundus camera
with additional imaging and illumination components. The blood flow velocity of
secondary and tertiary vessels of the microvasculature is determined by tracking
erythrocytes. Hence, the technique is well suited for the measurement of the retinal
blood flow in small arterioles, venules and capillaries since they have lower flow ve-
locities. However, the RFI can not track red blood cells with blood flow velocities
higher than 20 mm/s. Hence, blood flow velocities in the largest retinal vessels may
be to high to be measured using this method. Another drawback of the RFI tech-
nique is the lack of vessel diameter information due to resolution limitations of the
system. Consequently, the blood flow can not be measured [40, 45].

2.5.10 Optical Doppler tomography

Optical Doppler tomography (ODT) is the method that has been used in this the-
sis, and will therefore be described in the chapters 3 and 4 in more detail. ODT
combines the laser Doppler technique and optical coherence tomography (OCT). In
contrast to conventional structural OCT, where only the intensity data is used to
visualize the structures of the sample, ODT also uses the phase component of the
detected OCT signal to measure the blood flow velocities of the red blood cells in
the tissue under study. In addition to the velocity information, this technique is
able to obtain velocity profiles in larger vessels as well as to image the retinal and
choroidal vasculature of the eye [39, 40].
Furthermore, ODT is capable of vessel diameter measurements, even if, according
to Doblhoff-Dier [46] the diameter is underestimated, due to the low velocities at
the vessel borderv. To measure absolute blood flow velocity values a bidirectional

vThe blood flow velocity close to the vessel border is about zero, hence it is difficult to distinguish
the regions close the the vessel border from static tissue, which may lead to an underestimation of
the vessel diameter.
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Doppler OCT setup as introduced by Werkmeister [47] can be used. The combina-
tion of a bidirectional Doppler OCT setup with an RVA, to gain more precise vessel
diameter values, as done by Doblhoff-Dier [46], makes absolute retinal blood flow
measurements possible.
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3 Fundamentals of optical coher-
ence tomography

OCT is an optical imaging technique – similar to conventional ultrasound imaging –
that can visualize cross-sectional structures in biological tissue. The measurements
of the sample, e.g. the subject’s eye is contactless and hence non-invasive. Basically,
in OCT the ‘echo’ timei delay of the backscattered light beam is measured, as
done when using the ultrasound technique. Since the structures in biological tissue
have different reflection and scattering properties, one can determine the dimensions
of these structures via the echo time. Typical resolutions of OCT systems range
from 1−15µm, which is one or two orders of magnitude finer than conventional
ultrasound. Due to attenuation from scattering in organic tissue, the penetration
depth of OCT is limited to ∼2 mm [48].

3.1 Interferometry in OCT

The speed of light is approximately 3× 108 m/s. Thus, the direct measurement of
the echo time delay of light with a resolution of 10 µm, which is typical for OCT, is
very difficult, as it would require a time resolution of about 30× 10−15 s. Therefore,
other methods such as e.g. interferometry have to be used. Interferometry is an
excellent method to measure the magnitude and the echo time delay of backscattered
light with high sensitivity [48].

3.1.1 The Michelson interferometer

OCT is an interferometric imaging technique that uses a broadband light source
and a simple Michelson interferometer (Fig. 3.1) to acquire the echo time delay of
the light beam illuminating the sample. In the Michelson interferometer, a beam
from a light source is split in two beams by a semi-transparent mirror or a beam

iEcho time is the time it takes the light or sound to return from different axial distances [48].
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Figure 3.1: Sketch showing the basic principle of a Michelson interferometer (adapted
from [49] and [21]).

splitter crystal. One of the beams is referred to as ‘reference’ beam, the other as
‘sample’ beam. The reference beam is directed to a mirror at a distance zR, and
backreflected from the mirror to the beam splitter. This part of the interferometer is
called ‘reference arm’. In the ‘sample arm’ the sample beam is reflected from one or
several layers of the sample at the distances zSn . The two reflected beams interfere
with each other and are then measured with a detector.

Interference will only occur if the optical path length difference ∆L between the two
beams is lower than the coherence length (see section 3.1.2) of the light beam. The
intensity ID of the interfering beams at the detector can be written as:

ID ∝ |ER|2 + |ES|2 + 2ERES cos(2k∆L). (3.1)

The squared field amplitudes |ER|2 and |ES|2 are the intensities of reference and
sample beam, respectively, without any interference terms. The last term describes
the interference of the two beams, which is dependent on the path length difference
∆L = zR − zSn . The double pass of the light through both interferometer arms
explaines the factor 2 in the argument of the cosine of the interference term. The
measurement of the interference and the knowledge of the reference arm length allows
the calculation of the distances to the different reflecting layers in the sample.

A more detailed mathematical description of interferometry in OCT will be given
in section 3.1.3.
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3.1.2 Interference and coherence

To understand interference and coherence one has to look into the wave character
of light. Due to the linearity of the wave equation

4E =
1

c2

∂2E

∂t2
, (3.2)

any linear combination E = aE1 + bE2 of the arbitrary solutions E1 and E2 is also
a solution of the wave equation (3.2). To get the total wave field E(r, t) at a certain
point P at the time t, all partial waves Em(r, t) that overlay each other at P have
to be superposed. The total field strength of the wave field

E(r, t) =
∑
m

Em(r, t) =
∑
m

Am(r, t)eiϕm (3.3)

depends on the amplitudes Am(r, t) and the phases ϕm of the superposed partial
waves, and is generally location- and time-dependent. This superposition of par-
tial waves is called interference. The location-dependent total intensity I(r, t) ∝
|E(r, t)|2 determines the spatial structure of the interference field, i.e. the entire
spatial area in which the partial waves interfere.

A temporally stationary interference structure is only possible if the two or more
involved partial waves are coherent. If the frequency of two or more harmonic
waves is the same but for a constant phase shift ∆ϕ = ϕi − ϕj, these waves are
coherent. Depending on ∆ϕ, their amplitudes will amplify or attenuate each other
when superposed: if ∆ϕ equals zero or a whole-number multiple of 2π, the arriving
waves are in phase and interfere constructively (see Fig. 3.2(a)). This means that
the resulting amplitude is the sum of the arriving waves’ amplitudes. A ∆ϕ of an
uneven multiple of π, on the other hand, results in destructive interference. Hence,
the arriving waves are in paraphase, and the resulting amplitude is the difference of
their amplitudes (see Fig. 3.2(b)).

Given that light from a hot body is spontaneously emitted by single atoms indepen-
dent of each other, it is very unlikely that two different light sources ‘accidentally’
have the same atomic oscillations, and hence emit coherent wave trains. Therefore,
to do interferometry with two (or more) light beams, the light of one source has to be
split, as done e.g. in the Michelson interferometer (see section 3.1.1). Even though
the wave trains in both interferometer arms are from the same light source, they
might have gained an optical path length difference ∆L by the time they interfere
with each other. This ∆L can be caused by different lengths of the interferometer
arms, as well as by reflection, refraction, scattering or diffraction of the light beams.

Even if one splits a single wave train to let it interfere with itself, ∆L must not exceed
the coherence length ∆lc, if one wants to see interference effects. The coherence
length can be specified as the distance over which a propagating coherent wave
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Figure 3.2: (a) Constructive interference, (b) destructive interference of two sine waves
with the amplitudes A1 and A2 (adapted from Werkmeister [40]).

preserves a defined degree of coherence. The time it takes the light to cover the
coherence length is called coherence time ∆tc, thus one can write ∆lc = c ·∆tc. A
path length difference ∆L larger than ∆lc, i.e. a time difference between the arriving
wave trains larger than ∆tc, implies that these wave trains are not coherent since
they have no fixed phase relationship and therefore cannot interfere with each other.

A damped wave train with the decay time ∆tc that is emitted by an atom cannot
correspond to an entirely sharp spectral line, but will have a width

∆ν ∼ 1

∆tc
. (3.4)

A mathematical derivation of this relation between spectral width and coherence
time can be found in section A.1.1 or in [50]. As shown in section A.1.2, the relative
spectral width is the same in all notations∣∣∣∣δλλ

∣∣∣∣ =

∣∣∣∣δνν
∣∣∣∣ =

∣∣∣∣δωω
∣∣∣∣ . (3.5)

Using equations (3.4) and (3.5), one can write the longitudinal coherence length as
follows:

lc = c ·∆tc ∼
c

∆ν
=

λ2

∆λ
. (3.6)

In OCT, it is very common to use a light source with a Gaussian shaped spectrum.
The Fourier transformation of a Gaussian function yields another Gaussian function,
this is also the case for the coherence function of a Gaussian beam: the coherence
function of light beam in a Michelson interferometer at the point P is defined as

Γ(τ) = 〈E(P, t+ τ)E∗(P, t)〉, (3.7)
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where 〈 〉 stands for the time average. Γ(τ) can also be calculated by Fourier
transforming the light source spectrum S(P, ω), with ω being the angular frequency:

Γ(τ) =

∞∫
−∞

S(P, ω)e−iωτdω. (3.8)

The light source spectrum is defined as the time-averaged squared amplitudes

S(P, ω) = 〈|E(P, ω)|2〉. (3.9)

According to Fercher and Hitzenberger [51], the Gaussian coherence function can be
written as

|Γ(τ)| ∝ exp

[
−
(
π∆ν

2
√

ln 2
τ

)2
]
. (3.10)

The full width at half maximum (FWHM) of the coherence function can be defined
as the coherence time, which can be calculated to be

∆tc =
4 ln 2

π∆ν
, (3.11)

as done in section A.1.3. Analogously to equation (3.6), one gets the corresponding
Gaussian coherence length

lc,Gauss =
4 ln 2

π

λ2
0

∆λ
, (3.12)

where λ0 represents the central wave length and ∆λ the bandwidth (FWHM) of the
spectrum emitted by the light source.

3.1.3 Mathematical description of interferometry in OCT

A comprehensive mathematical description of OCT is given by Izatt and Choma [49].
The basic mathematical concept is formulated very precise, and comprehensibly by
Doblhoff-Dier [21]. Nevertheless, it will also be given in this section, for the sake of
completeness.

The electrical field Ei of the incident beam of a Michelson interferometer (see
Fig. 3.3) is defined as

Ei = s(k, ω)ei(kz−ωt). (3.13)

The electrical field amplitude s(k, ω) is dependent on the wave vector k and the
angular frequency ω, while the phase term (kz−ωt) is also dependent on the spatial
coordinate z and the time t. As already mentioned in section 3.1.2, the intensity
can be written as

I(k, ω) = |Ei|2 . (3.14)
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Figure 3.3: Schematic drawing of a Michelson interferometer showing the electrical fields
of the different light beams (adapted from [21, 49]).

We assume that the incident beam is split into two beams with identical intensities

of I(k, ω)/2 =
∣∣Ei/√2

∣∣2. Hence, we define the electrical fields of the beams entering
the reference arm and the sample arm of the interferometer to be

ER,i = ES,i =
s(k, ω)√

2
ei(kz−ωt), (3.15)

respectively. The reference beam is reflected from the reference mirror, having the
reflectivity rR, at the distance zR from the beam splitter. The electric field of the
reflected beam ER,r moves in the opposite direction than the incident beam, which
is indicated by the negative sign of kz in the phase term. The additional phase term
φR is due to the beam’s way through the reference arm and its reflection on the
reference mirror

ER,r =
s(k, ω)√

2
· rR · ei(−kz−ωt+φR). (3.16)

Since the incident beam and the reflected beam have to be identical at the position
of the mirror but for an additional phase term π (due to the reflection at a fixed
boundary) and the reflectivity of the mirror rR, which lowers the amplitude of the
reflected beam, one can write

ER,i(zR) =
ER,r(zR) · eiπ

rR
ei(kzR−ωt) = ei(−kzR−ωt+φR+π)

φR = 2kzR − π.

(3.17)
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Inserting this in Eq. (3.16) yields

ER,r =
s(k, ω)√

2
· rR · ei(−kz−ωt+2kzR−π). (3.18)

Assuming the sample consists of several discrete reflecting layers at the depths zSn ,
with insignificant scattering and absorption properties, one can expect the electrical
field of the incident beam ES,i to be the same for every sample layer. The reflectivity
of all sample layers can be written as rS(zS) =

∑
n rSnδ(zS − zSn). Consequently,

the electrical field of the reflected sample beam is similar to Eq. (3.18):

ES,r =
s(k, ω)√

2

∫
rS(zS) · ei(−kz−ωt+2kzS−π)dzS

=
s(k, ω)√

2

∑
n

rSn · ei(−kz−ωt+2kzSn−π).
(3.19)

Both the reflected reference and sample beam are reunited at the beam splitter and
half of their intensity is transmitted to the detector. The detection rate of any real
detector is much smaller than the oscillation frequency of the light ωii. Therefore,
the detector measures a time-average, indicated by 〈 〉, of the lights’ intensity

ID(k, ω) =
ρ

2
〈|ER,r + ES,r|2〉, (3.20)

where ρ represents the detector responsivity. Inserting Eq. (3.18) and Eq. (3.19) in
Eq. (3.20) gives

ID(k) =
ρ

2

〈∣∣∣∣∣s(k, ω)√
2

rRei(−kz−ωt+2kzR−π) +

+
s(k, ω)√

2

∑
n

rSnei(−kz−ωt+2kzSn−π)

∣∣∣∣∣
2〉
. (3.21)

Rearranging this equation,

ID(k) =
ρ

2

〈∣∣∣∣s(k, ω)√
2

∣∣∣∣2 · ∣∣ei(−kz−ωt−π)
∣∣2 · ∣∣∣∣∣rRe2ikzR +

∑
n

rSne2ikzSn

∣∣∣∣∣
2〉

, (3.22)

and using the relation |eix|2 = eix · e−ix = 1 yields

ID(k) =
ρ

2

〈∣∣∣∣s(k, ω)√
2

∣∣∣∣2 ·
∣∣∣∣∣rRe2ikzR +

∑
n

rSne2ikzSn

∣∣∣∣∣
2〉

. (3.23)

iiThe detection rate used in this work was around 50 µs, while the oscillation frequency of the
used light was in the range of a few fs.
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Due to its time-independence, the last term can be excluded from the time average.
Knowing that the light source spectrum S(k) = 〈|s(k, ω)|2〉 is the time-averaged
squared amplitude, one can rewrite Eq. (3.23) to

ID(k) =
ρ

4
S(k) ·

∣∣∣∣∣rRe2ikzR +
∑
n

rSne2ikzSn

∣∣∣∣∣
2

. (3.24)

This is the same as

ID(k) =
ρ

4
S(k) ·

[(
rRe2ikzR +

∑
n

rSne2ikzSn

)
·

·

(
rRe−2ikzR +

∑
n

rSne−2ikzSn

)]
. (3.25)

Expanding the multiplication results in

ID(k) =
ρ

4
S(k) ·

[
r2
R +

∑
n

rRrSne2ik(zR−zSn ) +
∑
n

zRzSne2ik(zSn−zR) +

+
∑
n

∑
m

rSnrSme2ik(zSn−zSm )

]
. (3.26)

The double sum can be split in three parts for n = m, n < m and n > m:

ID(k) =
ρ

4
S(k) ·

[
rR

2 +
∑
n

rRrSne2ik(zR−zSn ) +
∑
n

zRzSne−2ik(zR−zSn ) +

+
∑
n

rSn
2 +

∑
n<m

rSnrSme2ik(zSn−zSm ) +
∑
n>m

rSnrSme2ik(zSn−zSm )

]
. (3.27)

Using the fact that∑
n>m

e2ik(zSn−zSm ) =
∑
n<m

e−2ik(zSn−zSm ) ∀n,m, (3.28)

along with the power reflectivity R = |r|2, Eq. (3.27) results in

ID(k) =
ρ

4
S(k) ·

[
RR +

∑
n

RSn +

+
∑
n

√
RRRSn

(
e2ik(zR−zSn ) + e−2ik(zR−zSn )

)
+

+
∑
n<m

√
RSnRSm

(
e2ik(zSn−zSm ) + e−2ik(zSn−zSm )

) ]
.

(3.29)
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Making use of the relations∑
n<m

Anm =
1

2

∑
n 6=m

Anm ∀n,m (3.30)

cosx =
eix + e−ix

2
, (3.31)

finally yields

ID(k) =
ρ

4
S(k) ·

(
RR +

∑
n

RSn

)
+

+
ρ

2
S(k) ·

∑
n

√
RRRSn cos (2k(zR − zSn)) +

+
ρ

4
S(k) ·

∑
n6=m

√
RSnRSm cos (2k(zSn − zSm)) .

(3.32)

The three lines of Eq. (3.32) are referred to as follows, starting at the first line:

1. The DC-term is a pathlength-independent offset to the detector current that is
scaled by the light source spectrum S(k); it is the largest of the three terms, if
the reference reflectivity is higher than the sample reflectivity. The amplitude of
the DC-term is proportional to the power reflectivity of the reference mirror plus
the sum of the sample reflectivities.

2. The Cross-correlation terms are the desired components of the detector current
for OCT imaging. Since, they include one term for each sample reflector layer,
which depends upon the light source wavenumber as well as the pathlength dif-
ference between reference mirror and sample reflectors. Usually, the sum of these
components is smaller than the DC-term, given that the components are propor-
tional to the square root of the sample reflectivities.

3. The Auto-correlation terms describe the interference of the light reflected from
the different sample layers. In typical OCT systemsiii, these terms appear as
artifacts. However, the auto-correlation terms can be kept small compared to the
cross-correlation terms by the selection of a proper reference reflectivity, due to
the fact that the auto-correlations terms are linearly dependent upon the power
reflectivity of the sample reflectors [49].

A schematic of the detector current ID(k) of a single reflector as well as of multiple
reflectors is shown in Fig. 3.4. ID(k) of a sample with a single reflecting layer
has no auto-correlation terms, since there can only be auto-correlation between
the backreflected light of more than one sample layer. The DC-term of the single

reflector in Fig. 3.4 has a height proportional to
RR+RS1

2
and is modulated by the

iiiCommon path OCT systems use the auto-correlation terms as desired detector current com-
ponent [49].
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Figure 3.4: Detector current ID(k) of a single reflector as well as of multiple reflectors.
(RR + RS1)/2 is the amplitude of the DC-term,

√
RRRS1 represents the

amplitude of the cross-correlation component and the cosine of the cross-
correlation component has its maximum at k = π/(zR−zS1) (facsimile [49]).

cosinusoidal cross-correlation term that has an amplitude proportional to
√
RRRS1 .

The cosine of the cross-correlation term has its maxima at k = π/(zR − zS1).

The DC-term of a sample consisting of multiple reflecting layersiv, as shown in
Fig. 3.4 (right), is modulated by several cosinusoidal cross-correlation and auto-
correlation terms with amplitudes proportional to

√
RRRSn and

√
RSnRSm respec-

tively. The undesired auto-correlation terms are typically small compared to the
cross-correlation terms, as the sample reflectivities are much smaller than the reflec-
tivity of the reference mirror. Additionally, the auto-correlation modulation frequen-
cies are smaller than the cross-correlation modulation frequencies, if the distances
between the reflecting sample layers are small compared to the distance between
reference and sample reflector.

3.2 Time domain OCT

Using the knowledge from section 3.1, time-domain optical coherence tomogra-
phy (TDOCT) becomes obvious. This method uses an interferometer as shown in
Fig. 3.3. To get a depth profile (also known as “A-scan”), the length of the reference
arm is varied over time by moving the reference mirror in axial direction, mechani-
cally. Simultaneously, the intensity ID is recorded by a single-channel photoreceiver.
Whenever the reference arm length zR matches the distance to a reflecting sample
layer zSn , the backreflected light of reference and sample arm interferes construc-
tively. Knowing the positions of the reference mirror and hence the reference arm
lengths, it is possible to calculate the sample layer positions from the recorded inten-
sity functions. Due to the mechanical scanning of the reference mirror, this method

ivAny real tissue sample (e.g. the rat retina) can be considered as a sample consisting of multiple
reflecting layers.
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is very slow and consequently very sensitive to sample motions. Therefore, TDOCT
is not usable to acquire in vivo 2D or even 3D data sets. This lack of imaging speed
can be overcome by Fourier-domain optical coherence tomography (FDOCT), which
is described in the following section.

3.3 Fourier domain OCT

Basically, there are two types of FDOCT systems: spectral-domain optical coherence
tomography (SDOCT) systems, which are spectrometer based, and swept-source
optical coherence tomography (SSOCT) (also known as optical frequency-domain
imaging (OFDI)), where the light source has a narrow linewidth that is rapidly
swept over a broad wavelength range. Since SDOCT was used in this thesis, this
method will be described further in the following.

SDOCT uses a broadband light source. The reference mirror of the interferometer is
fixed at a position, located such that the reference arm length approximately matches
the sample arm length. The interference beam, containing the light returning from
the reference arm and from all the depths in the sample, is transmitted through the
diffraction grating of a spectrometer. The light beam is dispersed according to its
wavelengths, by the diffraction grating. Since, the wavelength is inversely propor-
tional to the frequency λ = c

f
, one can also say that the light beam is dispersed

according to its frequency components, which are then detected by a CCD line cam-
era. A closer inspection of the cosine term of Eq. (3.1) or of the cross-correlation
terms of Eq. (3.32) reveals that longer pathlength differences ∆L = zR − zSn lead
to higher oscillation frequencies in the intensity function. Consequently, reflecting
sample layers in different depths yield different interference frequencies in the inten-
sity function as shown in Fig. 3.5(a)-(c). As the line camera detects all dispersed
frequency components simultaneously, the whole depth information in one point
(one A-scan) is recorded at the same time, while the reference mirror stays at a
fixed position. This makes FDOCT much faster than TDOCT.

In a next step, the recorded spectrum is Fourier transformed (FT). The real part
of the Fourier transform gives a peak at every contained interference frequency as
shown in Fig. 3.5(e). Hence, it is possible to determine the sample layer positions
from the frequency components in the spectrum. Therefore, FDOCT is capable
of recording a complete depth profile of the sample (A-scan) at an instant. The
recording speed of a FDOCT system is only limited by the detection rate of the
CCD camera.
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Figure 3.5: The overlay of all interference functions from the reflecting sample layers
at different depths (a)-(c), yields the spectrum (d) that is detected by the
camera. Larger depths of the sample layers result in interference functions
with higher oscillation frequencies. The peaks of the real part of the Fourier
transformed spectrum (e) correspond to the sample layer depths (adapted
from [52]).

3.3.1 Mathematical description of FDOCT

As in section 3.1.3, a mathematical description of FDOCT is given by Izatt and
Choma [49] and is formulated very comprehensibly by Doblhoff-Dier [21]. For a
better understanding of the post-processing of the recorded OCT data that was
used in this thesis, the same mathematical description will also be given in the
following.

To get the depth information of the sample layers, the intensity measured by the
detector ID(k)v has to be Fourier transformed:

iD(z) = F
(
ID(k)

)
. (3.33)

The Fourier transformation of a function f(k) can be defined as

F(z) =

∞∫
−∞

f(k)e−ikzdk. (3.34)

In the following, the Fourier transform of S(k) will be named γ(z):

S(k)
F←→ γ(z). (3.35)

vAs mentioned at the beginning of this section, the diffraction grating of the spectrometer
disperses the interference beam according to its different wavelengths and therefore to its different
wavenumbers, since λ = 2π

k .
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In order to calculate the Fourier transform of Eq. (3.32), one has to know the
following relations:

cos (kz0)
F←→ 1

2
[δ(z + z0) + δ(z − z0)] (3.36)

X(k) · Y (k)
F←→ x(z)⊗ y(z), (3.37)

where ⊗ represents the convolution integral

(f ⊗ g)(z) =

∞∫
−∞

f(z̃)g(z − z̃)dz̃. (3.38)

Thus, the spatial-resolved intensity iD(z) can be calculated by Fourier transforming
Eq. (3.32), which is the intensity ID(k) measured by the detector:

iD(z) =
ρ

4
γ(z) ·

(
RR +

∑
n

RSn

)
+

+
ρ

4
γ(z)⊗

∑
n

√
RRRSn

[
δ
(
z + 2(zR − zSn)

)
+ δ
(
z − 2(zR − zSn)

)]
+

+
ρ

8
γ(z)⊗

∑
n6=m

√
RSnRSm

[
δ
(
z + 2(zSn − zSm)

)
+ δ
(
z − 2(zSn − zSm)

)]
.

(3.39)

Knowing that δ(x) = δ(−x), one gets the following relation

f(t)⊗ δ(t− T ) =

∞∫
−∞

f(τ)δ(t− T − τ)dτ

=

∞∫
−∞

f(τ)δ(τ − (t− T ))dτ

= f(t− T ),

(3.40)

for the convolution defined in Eq. (3.38).

Using Eq. (3.40) on Eq. (3.39) results in

iD(z) =
ρ

4
γ(z) ·

(
RR +

∑
n

RSn

)
+

+
ρ

4

∑
n

√
RRRSn

[
γ
(
z + 2(zR − zSn)

)
+ γ
(
z − 2(zR − zSn)

)]
+

+
ρ

8

∑
n6=m

√
RSnRSm

[
γ
(
z + 2(zSn − zSm)

)
+ γ
(
z − 2(zSn − zSm)

)]
.

(3.41)
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As in Eq. (3.32), the first line denotes the DC-term, the second line the cross-
correlation terms and the third line the auto-correlation terms.

The spatially resolved intensity iD(z) of a sample with two reflecting layers is
shown in Fig. 3.6. The cross-correlation terms of both sample layers and the auto-
correlation terms are on one side of the DC-term, while their mirror terms are on the
opposite side. The mirror terms of cross-correlation and auto-correlation terms orig-
inate from the Fourier transformation of their cosine functions (see Eq. (3.36)), and
are therefore identical with their corresponding cross-correlation or auto-correlation
terms, except for a sign. As can be seen in Fig. 3.6, the desired positions of the sam-
ple layers zSn can be calculated from iD(z), as the position of the reference mirror
zR is known. Obviously, this becomes more difficult, if the DC-term is not centered
anymore, and cross-correlation terms, auto-correlation terms and their mirror terms
start to mix. In that case is not possible to distinguish between the desired peaks
of the sample layers and the mirror terms of other sample layers.

Figure 3.6: Fourier transform iD(z) of of the detector current ID(k) with cross-
correlation terms of two sample layers, auto-correlation terms and their mir-
ror artifacts, as well as with the DC-term (facsimile [49]).

The easiest way to keep the DC-term centered and thus all sample layer peaks on
the same side, is to position the reference mirror at a distance corresponding to the
edge of the samplevi. Hence, the sample layer distances zSn are all either smaller or
larger than the reference arm length zR. The disadvantage of this approach is that
it can only use half of the available imaging depth, which proves to be no problem
for imaging the retina of the eye. However, this method might not be applicable in
case of imaging objects with larger depth dimensions.

A large range of literature describes other techniques designed to eliminate the DC-
term, the auto-correlation terms or the mirror terms in order to use the full depth
range of FDOCT, Wojtkowski et al. [53], Leitgeb et al. [54], Götzinger et al. [55],
Baumann et al. [56], to name just a few.

viThis method was used in the work at hand, to avoid the overlapping of mirror image artifacts
with the desired sample peaks.
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However, the best method to eliminate the auto-correlation terms is the usage of a
sufficiently high reference reflectivity, so that the amplitude of the auto-correlation
terms is very small in comparison to the cross-correlation terms and they can be
neglected.

3.4 Doppler-OCT

Doppler-OCT is capable of measuring the velocity of moving particles, e.g. red blood
cells in a blood vessel, as is combines the Doppler-principle with the afore described
OCT imaging technique. Thus, using Doppler-OCT enables acquiring particle ve-
locity data and structural tissue data simultaneously, as was already mentioned in
section 2.5.10.

3.4.1 Mathematical description of Doppler-OCT

A mathematical derivation of the principle of Doppler-OCT can be found in Cheng
and Zhang [8], Werkmeister [40] and Doblhoff-Dier [21]. A similar description will
also be given in this section.

In the case of sound waves, the Doppler-effect is well-known, describing the change
of the sound frequency of a moving sound source. This phenomenon can be observed
in everyday life in the change in pitch of the sound of a passing vehicle’s horn. The
same principle also applies to light waves: if a light beam with the frequency f0 is
emitted by a source moving with the velocity vS, or if the light receiver moves with
the velocity vR, f0 is Doppler shifted to the frequency

fD = f0 ·
c− k̂ · ~vR
c− k̂ · ~vS

, (3.42)

where c represents the speed of light and k̂ = ~k/|~k| the unit vector of the light beam.
The example in Fig. 3.7 shows a light source and a receiver moving towards each
other. Inserting the axial velocity components into Eq. (3.42) changes the sign in
the numerator, as ~vR,L points in negative x-direction:

fD = f0 ·
c+ vR,L
c− vS,L

, (3.43)

i.e. the Doppler-shifted frequency of the emitted light is higher than the original
frequency f0. If source and receiver moved away from each other, f0 would be
shifted to a lower frequency.

In the case of Doppler-OCT, the incident sample beam with the wave vector ~ki is
emitted by a stationary light source (~vS = 0) and received by a moving sample
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Figure 3.7: This sketch shows a moving light source S with the velocity ~vS , a moving
receiver R with the velocity ~vR and the wave vector ~k of the light emitted
by S.

particle (e.g. red blood cell) with the velocity ~vR = ~v, as depicted in Fig. 3.8. This
reduces Eq. (3.42) to

fD1 = f0 ·
c− k̂i · ~v

c
. (3.44)

The back-scattered sample beam ~ks can be described as another light emission pro-
cess; where the sample particle is assumed to be a light source moving with the
velocity ~vS = ~v and the detector being the stationary receiver, which yields

fD2 = fD1 ·
c

c− k̂s · ~v
= f0 ·

c− k̂i · ~v
c− k̂s · ~v

. (3.45)

The Doppler-shift between incident and scattered beam can now be calculated to
be

∆fD = f0 − fD2 = f0 ·

(
1− c− k̂i · ~v

c− k̂s · ~v

)
= f0 ·

(k̂i − k̂s) · ~v
c− k̂s · ~v

. (3.46)

Figure 3.8: Schematic of a blood vessel, showing the velocity vector ~v of a red blood cell,
the wave vectors of the incident probe beam ~ki and the back scattered light
~ks, as well as the Doppler angle δ between probe beam and ~v (adapted from
[8, 21, 57]).
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Since |~v| � c, the term k̂s · ~v in the denominator can be neglected and |~ki| = |~ks| =
|~k|, which means in this case that ~ki = −~ks = ~k. Integrating this and the relation

k̂ = ~k/|~k| into Eq. (3.46) yields:

∆fD = f0 ·
2~k · ~v
|~k| · c

= f0 ·
2|~k||~v| · cos δ

|~k| · c
= f0 ·

2 · v · cos δ

c
. (3.47)

As f = c/λ, the Doppler-shift can be written as

∆fD = v · 2 cos δ

λ
, (3.48)

which indicates that the Doppler frequency shift is proportional to the velocity of
the observed particles. If moving particles are measured using an OCT system, the
electrical fields of the sample beam (cf. Eq. (3.15), (3.19)) will be changed by the
Doppler-shift due to the sample particle’s movement.

To describe the Doppler-OCT technique, it is necessary to extend the mathematical
descriptions of OCT (see section 3.1.3) and of FDOCT (see section 3.3.1). The
electrical fields of the incident reference beam ER,i and the reflected reference beam
ER,r were given in section 3.1.3:

ER,i =
s(k, ω)√

2
ei(kz−ωt) (3.49)

ER,r =
s(k, ω)√

2
· rR · ei(−kz−ωt+2kzR−π). (3.50)

Moving sample particles in the n-th layer will Doppler-shift the sample beam by an
angular frequency of ∆ωn and by a wave vector of ∆kn. Since there can only be
interference between reflected reference beam and reflected sample beam, if both
have the same wave vector k and angular frequency ω, we make the ansatz of an
incident sample beam with the wave vector (k + ∆kn) and the angular frequency
(ω + ∆ωn)

ES,i =
s(k, ω)√

2
ei[(k+∆kn)z−(ω+∆ωn)t]. (3.51)

Due to the reflection at a moving sample particle in the n-th layer, ES,i is Doppler-
shifted and wave vector as well as angular frequency of the reflected sample beam

ESn,r =
s(k, ω)√

2
· rSn · ei(−kz−ωt+φS) (3.52)

match the ones of the reflected reference beam ER,r. As in Eq. (3.17) in section
3.1.3, the additional phase term φS can be calculated by using the fact that the
incident and reflected beam have to be identical at the position zSn of the reflecting
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sample particle, but for the reflectivity rSn and an additional phase term π due to
the reflection:

ES,i(zSn) =
ESn,r(zSn) · eiπ

rSn
ei[(k+∆kn)zSn−(ω+∆ωn)t] = ei(−kzSn−ωt+φS+π)

φS = 2kzSn + ∆knzSn −∆ωnt− π.

(3.53)

This yields the electric field of the sample beam reflected at the n-th sample layer:

ESn,r =
s(k, ω)√

2
· rSn · ei(−kz−ωt+2kzSn+∆knzSn−∆ωnt−π) (3.54)

and consequently the total electrical field exiting the sample arm:

ESn,r =
s(k, ω)√

2
·
∑
n

rSn · ei(−kz−ωt+2kzSn+∆knzSn−∆ωnt−π). (3.55)

Inserting this in Eq. (3.20) gives

ID(k) =
ρ

2

〈∣∣∣∣∣s(k, ω)√
2

rR · ei(−kz−ωt+2kzR−π) +

+
s(k, ω)√

2
·
∑
n

rSn · ei(−kz−ωt+2kzSn+∆knzSn−∆ωnt−π)

∣∣∣∣∣
2〉
. (3.56)

After performing the steps in Eq. (3.22)-(3.32) one arrives at:

ID(k) =
ρ

4
S(k) ·

(
RR +

∑
n

RSn

)
+

+
ρ

2
S(k) ·

∑
n

√
RRRSn ·

〈
cos
(
2k(zR − zSn)−∆knzsn + ∆ωnt

)〉
+

+
ρ

4
S(k) ·

∑
n 6=m

√
RSnRSm ·

·
〈

cos
(
2k(zSn − zSm) + ∆knzSn −∆kmzSm + (∆ωm −∆ωn)t

)〉
.

(3.57)

This equation looks similar to Eq. (3.32) except for additional phase terms in the
cosine functions. As in section 3.1.3, the first line is the DC-term, the second line are
the cross-correlation terms, which are relevant for OCT, and the remaining terms
are the auto-correlation terms. The additional phase terms in the cross-correlation
terms of Eq. (3.57) describe the Doppler-shift of the sample beam; they are composed
of a constant phase offset, dependent on the wave vector shift ∆kn and the sample
layer depth zSn , as well as a term, which changes with time and is dependent on the
shift of the angular frequency ∆ωn.
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As the cosine functions in Eq. (3.57) are time-dependent, they cannot be excluded
from the time average as done in section 3.1.3, i.e. the time average of the cross-
correlation and the auto-correlation terms still needs to be carried out. In Doppler
OCT, the duration of the data acquisition is defined by the exposure time τ of the
CCD camera. Thus, the interval of the time average starts at the time t0 and ends
at τ . Since, the cosine arguments of Eq. (3.57) are of the form (a + bt), their time
average can be written as

1

τ

t0+τ∫
t0

cos (a+ bt) dt =
sin (a+ bt)

bτ
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2
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+ bτ

2

]
− sin
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2

)
− bτ

2

]
bτ

(3.58)

The last step was done to get a function of the form sin (c+ d)− sin (c− d), so that
the following relation can be used:

sin(c± d) = sin c · cos d± cos c · sin d. (3.59)

Using this relation with Eq. (3.58) yields:
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(3.60)

The sine terms cancel each other out and the time average becomes
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(3.61)
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Applying this result to Eq. (3.57) gives the time averaged intensity, recorded by the
camera, starting at the time t0, during the exposure time τ :
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(3.62)

This intensity function describes the interference between a reference beam and
a Doppler-shifted sample beam. Except for additional phase terms in the cosine
functions as well as additional amplitude factors of the form 2

x
·sin

(
x
2

)
, the equations

(3.62) and (3.32) are equal.

For small sample velocities and thus small Doppler-shifts ∆ωn, the terms sin
(
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2

)
≈(

∆ωnτ
2

)
and sin

( (∆ωm−∆ωn)τ
2

)
≈ (∆ωm−∆ωn)τ

2
cancel out with 2

∆ωnτ
and 2

(∆ωm−∆ωn)τ

respectively. Hence, Eq. (3.62) becomes identical with the not Doppler-shifted in-
tensity function in Eq. (3.32), in the limit of vanishing Doppler-shifts.

In case of Doppler-FDOCT, Eq. (3.62) has to be Fourier transformed to obtain the
depth information of the sample layers. Using the relation

cos(kz0 + ψ)
F←→ 1

2

[
e−iψδ(z + z0) + eiψδ(z − z0)

]
, (3.63)

along with the steps from section 3.3.1 in Eq. (3.62) yields the spatially resolved
detector current iD(z, t0), which is the Fourier transform of ID(k, t0):
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The depth information of the sample layers, as well as the Doppler-shift or the sam-
ple velocity information, are encoded in the cross-correlation terms. The DC-term,
the auto-correlation terms and the cross-correlation terms’ mirror terms can be dis-
regarded, as their overlapping was avoided in the course of this work by positioning
the reference mirror at a distance corresponding the the edge of the sample (see
section 3.3.1 for explanation). This leaves the cross-correlation terms without their
mirror terms
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ρ
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·
∑
n

√
RRRSn ·

2

∆ωnτ
· sin

(
∆ωnτ

2

)
·

· γ
(
z − 2(zR − zSn)

)
· ei(−∆knzSn+∆ωnt0+ ∆ωnτ
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The cross-correlation term of a particle in the n-th sample layer, measured at the
starting time t0, can be selected by setting z = 2(zR − zSn)vii, as illustrated in
Fig. 3.6:
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·
√
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· sin
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)
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A consecutive scan, which is recorded at the same position at a different starting
time point t0 + τ can be written as

icrossn (t0 + τ) =
ρ

4
·
√
RRRSn ·

2

∆ωnτ
· sin

(
∆ωnτ

2

)
·

· γ(0) · ei(−∆knzSn+∆ωn(t0+τ)+ ∆ωnτ
2 ). (3.67)

viiThis is only possible if the coherence function γ(z) is narrow enough to distinguish different
sample layers.
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To get the phase difference of the two measurements, their quotient has to be cal-
culated:

ei∆φD =
icrossn (t0 + τ)

icrossn (t0)
= ei∆ωnτ . (3.68)

The resulting phase difference depends on the Doppler-shift of the angular frequency
∆ωn and on the time span τ between the recording of the two consecutive measure-
ments:

∆φD = ∆ωn · τ = 2π∆fD · τ. (3.69)

Inserting Eq. (3.48) for the Doppler-shift ∆fD yields

∆φD = 2πv · 2 cos δ

λ
· τ. (3.70)

Therefore, the velocity of a moving sample particle can be written as

v = ∆φD ·
λ

4πτ · cos δ
. (3.71)

This equation only holds true if the sample particle is measured in vacuum. As this
is not the case in a blood vessel, one has to consider that the phase velocity of light
in a medium

vph =
c

n
(3.72)

is slower than the speed of light in vacuum c, where n represents the refractive
index of the medium. The equation λ0 = c/f , describing the relation between
wavelength and frequency in vacuum, has to be changed to λ = vph/f for a light
wave propagating inside a medium, with a constant frequency. Consequently, the
wavelength of a light wave in a medium can be written as

λ =
λ0

n
. (3.73)

This changes the velocity of a sample particle (e.g. red blood cell) to

v = ∆φD ·
λ0

4πτn · cos δ
, (3.74)

with λ0 being the center wavelength of the measurement beam and n being the
refractive index of the sample.

3.4.2 Limitations of Doppler-OCT

The measurement of flow velocities via the phase difference of two adjacent A-scans,
which is described above, may prove problematic in the case of high velocities, since
all phase values φ+2mπ, m ∈ Z describe the same physical state. Thus, a measured
velocity value proportional to the phase difference ∆φD cannot be distinguished from
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a velocity value proportional to ∆φD + 2mπ; this behavior is called “phase wrap-
ping”. If the phase shift exceeds ±π, phase wrapping will be encountered and the
phase values cannot be obtained unambiguously anymore. If so, the phase data has
to be unwrapped as explained with the blood vessel evaluation in section 4.3.2. The
closer the Doppler angle comes to 90◦, however, the larger the velocities which can
be measured unambiguously: this is due to the fact that Doppler OCT uses only
the longitudinal velocity component, which decreases when δ approaches 90◦ (see
Fig. 3.8). Thus, the phase shift also decreases, as it is proportional to the longitu-
dinal velocity component.
Regarding high velocities at Doppler angles close to 90◦, another issue arises, how-
ever, as explained by Koch et al. [58]: for high velocity components transversal to the
measurement beam, the phase shift is no longer proportional and can even become
independent of the velocity of the sample particle. This effect could be neglected for
the measurements conducted in this work, due to the fact that all vessels were mea-
sured at a distance of about one optic disk diameter from the ONH, thus the blood
flow velocities did not exceed 25 mm/s [59, 60]. In this range, the phase shift is still
proportional to the sample velocity [58]. However, if considering measurements of
vessels with higher blood flow velocities than in the retinal vessels, this effect cannot
be disregarded.

As mentioned above, Doppler-OCT is only capable of measuring the longitudinal
component of a sample particle’s velocity (see Fig. 3.8). Thus, it is obvious that
this method cannot gain velocity information of vessels perpendicular to the sam-
ple beam, given that the longitudinal velocity component would equal zero in this
caseviii. Also, Eq. (3.74) is not defined in case of δ = 90◦, since it would contain a
division by zero.

A major drawback of the single beam Doppler-OCT technique, described in the
previous section, is the missing knowledge of the Doppler angle. Consequently, no
absolute velocity data is available. Nevertheless, this method was used in the course
of the work at hand, as relative velocity measurements were sufficient to show the
discussed effects. Besides, it is questionable if absolute ocular blood flow values of
rats would prove useful, as they cannot be compared to human blood flow data due
to the differences between human eyes and rat eyes (see section 2.3). Furthermore,
anesthesia was used on the animals during the experiments, which is not the case
when performing OCT measurements in human eyes.

However, there are several approaches to measure absolute blood flow velocity data,
using Doppler-OCT. Some of them are applicable to single beam systems [61–
63], while other methods require more sophisticated experimental setups, using two
[21, 40, 43] or even three measurement beams [64].

viiiIf this problem was encountered during the measurements conducted in the course of this
thesis, it was simply avoided by changing the Doppler angle; this was achieved by a slight change
of the animal’s position as well as a constant offset to the sample beam, if needed.
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4 Measurement of large retinal ves-
sels using Doppler OCT

This chapter will explain the setup, as well as the mode of operation of the single
beam Doppler OCT system that was built in the course of the work at hand. Fur-
thermore, in vitro experiments conducted to test the system’s performance as well
as in vivo measurements in large retinal veins will be described.

4.1 Single beam OCT setup

The experimental single beam OCT setup basically consists of a Michelson inter-
ferometer as described in section 3.1 and a spectrometer, which will be specified
in section 4.1.4. Furthermore, a fundus camera based RVA system (DVA rodent,
Imedos, Jena, Germany) is combined with the setup: it provides continuous high
precision measurements of the vessel diameters. A schematic drawing of the exper-
imental setup can be found in Fig. 4.1.

4.1.1 Light source

The light source that was used for the single beam OCT setup is a superluminescent
diode (SLD), which is a very common light source type in OCT imaging. An SLD is
basically a pn-junction that is biased in forward direction, which leads to population
inversion and spontaneous recombination of electrons and holes. Given that the
pn-junction is made of e.g. GaAsi, the energy of the spontaneous recombinations
is emitted as photons and heat. This amplified spontaneous emission of light is
also known as superluminescence. SLDs are designed such that the charge carriers
can have numerous different energy states, which results in photons with different
wavelengths. Thus, the light spectra emitted by SLDs are typically very broadband.

iIn diodes made of some other semiconductors as e.g. silicon, the recombination energy is only
released in the form of heat.
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Figure 4.1: Schematic drawing of the experimental single beam OCT setup combined
with the RVA. SLD = superluminescent diode, PC = polarization controller,
OI = optical isolator, FC = fiber collimator, BS = beam splitter, M = mirror,
NDF = neutral density filter, DC = dispersion compensation, L = lens, HM
= hole mirror, DM = dichroic mirror, HL = halogen lamp, DG = diffraction
grating, CL = camera lens (derived from a figure, already published by the
author [65]).

The light emitted by SLDs is no laser light, since SLDs lack a resonator, and hence
no amplified stimulated emission of light can occur.

The SLD used in this work (Superlum, SLD-371-HP2-DBUT-SM-PD), has a central
wavelength of 841 nm and a spectral bandwidth of 49.6 nm. It is fiber pigtailed,
which means the light emitted by the SLD is coupled directly into a single mode fiber.
To prevent the light source from any damage due to backreflected light from the
interferometer, an optical isolator (OI, Thorlabs Germany, IO-F-SLD100-840APC)
is placed between the SLD and the first fiber collimator (FC1, see Fig. 4.1). A
description of how an OI blocks the back-reflected light by rotating the polarization
of the light can be found in [21].

Even though the OI should be polarization independent, this is not the case in
reality. Therefore, a polarization controller (PC) is added before the OI to maximize
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the power of the light passing through the optical isolator. The PC (Thorlabs,
FPC030) uses stress induced birefringence to change the polarization of the light
that is propagated through the single mode fiber in the PC. This is done by looping
the fiber into the three manually tiltable spools, which creates three fractional fiber
retarders. The birefringence is dependent on the fiber cladding diameter, the loop
diameter, the number of loops per spool and the wavelength of the light propagating
through the fiber. The fast axis of the fiber lies in the plane of the spool, and can
thus be aligned with respect to the transmitted polarization vector. With the first
and the third spool acting as quarter wave plates and the middle spool acting as
half wave plateii, complete control of the output polarization is possible. The three
spools are manipulated until the power of the light exiting the OI is at maximum.

The fiber leaving the OI is connected to the first fiber collimator (FC1, Te Lintelo
Systems BV, HPUCO-23-840-S-6.2AS), which collimates the SLD’s light and guides
it to the Michelson interferometer. The 1/e2-diameter DA of the collimated gaussian
beam can be calculated as follows:

DA = 2f · NA. (4.1)

f represents the focal length of the collimator lens, and NA stands for the numerical
aperture of the fiber attached to the collimator. For f = 6.2 mm and NA = 0.096,
equation (4.1) yields a beam diameter of 1.2 mm that enters the interferometer.

4.1.2 Interferometer

The Michelson interferometer of the experimental setup (see Fig. 4.1) is, in principle,
the same as in section 3.1, but for some additional optical elements in reference and
sample arm.

Reference arm

Since there was not sufficient space for a straight setup, the reference arm has a
90◦ bend. The reference mirror (M3) is mounted on a translation stage, so that
the reference arm length can be matched to the length of the sample arm. To
compensate for the dispersion due to the lenses and the rat eye in the sample arm, a
dispersion compensation (DC) in form of a glass block is in the reference arm. The
refractive index (or rather the material) and the thickness of the glass block have
to be chosen in such a way that its optical length equals the optical length of all
dispersive media in the sample arm (all lenses and the ocular media). Furthermore,
a neutral density filter (NDF) is used to attenuate the reference beam, so as not

iiThe first and the third spool contain one fiber loop, respectively, while the spool in the middle
contains two fiber loops.
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Figure 4.2: Schematic drawing of the galvo-scanner, showing horizontal scanning by
turning the x-scanner as well as vertical scanning by turning the y-scanner
(adapted from [21]).

to overdrive the camera. Since the reflectivity of the sample is usually much lower
than the reference reflectivity, there is no need for an NDF in the sample arm.

Sample arm

The sample arm includes a galvo-scanner (shown in Fig. 4.1 as fast scanning mirror
and as slow scanning mirror), a lens system and the sample, e.g. the rat eye.

The galvo-scanner consists of two galvanometer motors (Galvoline, G1222HS), with
a mirror that is optimized for infrared light attached to each of their rotors. The two
scanning mirrors are mounted orthogonal to each other, as shown in Fig. 4.2. Since,
the sample beam is deflected by both scanning mirrors, it is moved over the sample
horizontally by turning the x-scanner (see Fig. 4.2(a)), or vertically by turning the
y-scanner (see Fig. 4.2(b)). To acquire a cross-sectional image (a B-scan consisting
of several adjacent A-scans), the x-scanner is turned in one direction, while the y-
scanner remains staticiii. 3D data-sets can be recorded by turning the y-scanner
slightly in one direction after each recorded B-scan, therefore it is also referred to
as slow axis scanner. The movement of the fast axis scanner can induce unwanted
Doppler shifts in the sample beam that will overlay the desired Doppler shifts of
the moving sample particles. This can be avoided by directing the sample beam
exactly onto the pivot point of the fast scanning mirror (as indicated in Fig. 4.2 by
the dashed lines).

To actually scan the sample beam over the retina of the rat eye, the pivot point of
the tilting beam has to be in the pupil of the eye, or else the beam can only pass the

iiiThe x-scanner is not necessarily the fast axis scanner. In the case of vertical scanning, the
y-scanner performs the fast movement, while the x-scanner remains static.
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Figure 4.3: (a) Scanning sample beam pivoting at the pupil plane of the eye; (b) sample
beam pivoting before pupil plane, thus the beam can only pass the pupil
at central scanning positions; (c) sketch of the scanner in the second pupil
plane P’ that coincides with the focal plane F1 of L1, the lens system, and
the scanning sample beam (adapted from [21]).

pupil in central scanner positions, as shown in Fig. 4.3(a),(b). The necessary setup
is achieved by placing the fast scanning mirror in the focal point of the first lens
L1, as illustrated in Fig. 4.3(c). Another purpose of the lens system is the reduction
of the sample beam’s diameter, as the rat eye’s fully dilated pupil has a diameter
of about 2 mm at most. Even though the central sample beam fits through the
dilated pupil, as it has a diameter of 1.2 mm, this may not be the case if scanning
is performed, since the pivot point of the scanning beam will most likely be not
exactly in the pupil plane, in reality. Therefore the beam entering the eye should
have a diameter in the range of 0.3 mm. The lens system consists of two achromatic
lenses (see Fig. 4.1). The lens L2 is also part of the RVA, and can therefore not
be chosen arbitrarily. It has a focal length of f2 = 19.7 mm and is mounted at a
fixed position. As shown in Fig. 4.3(c), the focal point of L2 should coincide with
the pupil plane of the rat eye, thus, f2 determines the distance between eye and L2.
Using the magnification relation for two biconvex lenses

DAsample =
f2

f1

· DA, (4.2)

together with DA = 1.2 mm, the beam diameter after the lens system DAsample =
0.3 mm and f2 = 19.7 mm, yields the focal length f1 = 78.8 mm. Consequently
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a lens with the focal length of f1 = 75 mm was chosen for L1. Thus, the actual
beam diameter entering the eye can be calculated to be DAsample ≈ 0.315 mm. L1 is
mounted on a translation stage, which allows focusing the beam onto the sample to
compensate for the eye being not exactly at the focal point F2, as well as for varying
eye lengths.

4.1.3 Integration of the DVA in the setup

The measurement of blood flow changes in a retinal vessel requires the knowledge
of the blood flow velocity as well as the vessel’s diameter, since the blood flow Q is
calculated by the following relation:

Q = v · A = v · D
2π

4
, (4.3)

where v represents the velocity, A stands for the vessel’s cross-sectional area and
D for the vessel diameter. As already mentioned in section 2.5.10, Doppler OCT
is not only capable of measuring the velocity of blood inside a vessel, but also of
determining the vessel’s diameter. However, the assessment of vessel diameters from
OCT images has several limitations: the length in µm of one image pixel in depth
direction is given by the image resolution, which is limited by the axial resolution of
the OCT system (image resolution and axial resolution will be explained in section
4.1.5). Thus, the accuracy of the vessel diameter determination from OCT images is
also limited by the axial resolutioniv. Furthermore, the rear vessel wall is obscured
as a result of absorption and multiple scattering of the sample beam by the red blood
cells, which can result in an underestimation of the vessel diameter. If the phase
tomograms are used to extract the vessel diameter, another problem, related to the
parabolic flow-profile in the vessel arises. Since the parabolic flow profile equals
zero at the vessel wall, and its maximum lies in the center of the blood vessel, the
velocities decrease rapidly close to the vessel wall. If the velocities decrease so much
that the OCT phase values are in the range of the system’s phase noise, the red blood
cells corresponding to these slow velocities cannot be distinguished from static tissue
anymore, which results in underestimation of the vessel diameter [21, 46]. In the
work at hand, the limitations of the vessel diameter determination via OCT were
avoided by using an RVA (DVA rodent, Imedos, Jena, Germany)v, which is coupled
to the OCT system, to measure the vessel diameters; the same approach was followed
in the human dual beam Doppler OCT system by Doblhoff-Dier [21, 46].

ivUsing the transversal vessel diameter would be even less accurate than the axial diameter,
since it is limited by the oversampling factor as well as the lateral resolution (see section 4.1.5).

vThe fundus camera setup of an RVA and a dynamic vessel analyzer (DVA) is the same, but for
the camera. The RVA uses a high resolution camera that can capture static fundus photos, from
which the vessel diameters can be extracted. The DVA, on the other hand, uses a video camera,
and its software is capable of tracking the vessels of interest during small eye movements, while
continuously recording the vessel diameters.
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Figure 4.4: Experimental DVA rodent setup, showing the fiber to the halogen lamp (HL
fiber), the video camera, the dichroic mirror (DM) and the ocular lens L2.
Furthermore, the picture shows the scanner of the OCT system (Sc) and the
first lens L1.

The DVA rodent consists of a fundus camera that is optimized for rats (see Fig. 4.4),
and a computer with the retinal vessel analyzer software RVA4.16 by Imedos. The
software was created for the assessment of human retinal vessel diameters, based on
the Gullstrand eye model [66]. Since rat eyes and human eyes have different sizes and
refraction powers (see section 2.3), the imaging path as well as the magnification of
the RVA differs from the human system, which has to be considered when using the
RVA4.16 software. The DVA rodent system is capable of continuous vessel diameter
measurements of retinal vessels with excellent reproducibility. Furthermore, it has a
higher magnification than the human system, which gives, in combination with the
complex algorithms for vessel boundary detection, a measurement resolution of up
to 0.1 µm. Therefore, vessel diameters as low as 30µm can be measured in albino as
well as in pigmented rats [65].

The OCT system and the RVA are coupled by a dichroic mirror (DM, hot mirror
45◦, Edmund Optics, 64-468), as shown in Fig. 4.5. The DM is positioned between
the hole mirror (HM) and the ophthalmic lens L2. More than 85 % of the visible
light used by the RVA is transmitted through the DM, while more than 95 % of the
OCT system’s sample beam, which is in the near infrared range of light, is reflected
by the DM. This coupling of OCT and RVA via a DM, along with the fact that
the video camera of the DVA rodent is equipped with an infrared filter, enables
simultaneous OCT and vessel diameter measurements.
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Figure 4.5: Schematic drawing of the RVA. The visible light that is used by the RVA
passes through the dichroic mirror (DM), while the infrared light of the OCT
sample beam is reflected.

4.1.4 Spectrometer

In FDOCT, the interference beam from the reference and sample arm is measured by
a spectrometer before the intensity function is Fourier transformed, as already men-
tioned in section 3.3. A photograph showing the spectrometer and its components
can be found in Fig. 4.6. The interference beam from the OCT system’s interfer-
ometer enters the spectrometer via a fiber collimator (FC3, Te Lintelo Systems BV,
HPUCO-23-800/1000-S-100AC-SP), and is then directed onto a diffraction grating
(DG, Wasatch Photonics, 1200 lines/mm at 830 nm). The light is diffracted by the
grating according to its wavelength components and then focused onto the CCD
camera (Atmel, AViiVA M2 CL 2014) by an achromatic camera lens (CL, Thorlabs,
AC508-100-B).

The diffracted light beams emerging from the grating lines interfere with each other
and form an intensity distribution. The maxima of this distribution are given by
the grating equation

mλ = g · (sinφ± sinψm) , (4.4)

where m = 0, 1, 2, ... stands for the order of the interference maxima, λ denotes
the wavelength of the incident light, g represents the grating constant (the distance
between two grating lines), φ is the angle of the incident light beam and ψm is the
angle of diffraction. Both angles are measured from the grating normal, as shown
in Fig. 4.7, along with the other parameters of Eq. (4.4).

The first order of diffraction is commonly used for spectrometers in OCT systems.
Consequently, the angle of diffraction ψ1 of the first order of diffraction can be
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Figure 4.6: Photograph of the spectrometer used in the single beam OCT system in
the work at hand. FC = fiber collimator, DG = diffraction grating, CL =
camera lens, CCD = charge-coupled device (line camera).

Figure 4.7: Illustration of an incident light beam being dispersed by a diffraction grating
(DG) (adapted from [21]).
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calculated from Eq. (4.4):

ψ1 = arcsin

(
λ

g
− sinφ

)
. (4.5)

Inserting the central wavelength of the SLD (841 nm), the grating constant g =
1

1200
mm (as the grating has 1200 lines/mm), along with the angle of the incident

beam φ = 30◦, into Eq. (4.5), yields the angle of diffraction ψ1 = 30.6◦. The camera
lens and the CCD were placed so that their surface normals are parallel to the beams
diffracted by ψ1.

Before performing any post-processing steps (e.g. the Fourier transformation de-
scribed in section 3.3.1) after recording the OCT spectra, one needs to know the
relation between the wavelength λx of the diffracted light and the corresponding
position x on the CCD array of the camera. The derivation of this relation can be
found in Park et al. [67] and Doblhoff-Dier [21] and will also be described in the
following.

As shown in Fig. 4.8, the incident light of the central wavelength λc is diffracted by
the angle ψc, following Eq. (4.4). The spectrometer is adjusted in such a way that
diffracted light with the wavelength λc is focused onto the center of the CCD array.
The green beams in Fig. 4.8 indicate the light with the wavelength λc. Therefore,
analogous to Eq. (4.4) and Eq. (4.5), it can be written:

λc = g · (sinφ+ sinψc)

ψc = arcsin

(
λc
g
− sinφ

)
.

(4.6)

This relation can also be formulated for light beams of other wavelengths λx, rep-
resented by the red beams in Fig. 4.8, and their corresponding angles of diffraction
ψx:

λx = g · (sinφ+ sinψx) . (4.7)

Depending on ψx, these light beams are focused onto the CCD array at different
positions with distances x to the center of the CCD array. Fig. 4.8 shows that the
relation between the angle of diffraction and the distance x can be described by the
following equation:

tan(∆ψ) = tan(ψx − ψc) =
x

f

ψx = ψc + arctan

(
x

f

)
,

(4.8)

where f represents the focal length of CL, as well as the distance between camera
and CL. Inserting ψx from Eq. (4.8) into Eq. (4.7) results in

λx = g ·
(

sinφ+ sin

[
ψc + arctan

(
x

f

)])
. (4.9)
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Figure 4.8: Schematic drawing of the spectrometer (adapted from [40] and [21]).

As can be seen in Eq. (4.9), the relation between λx and x is non-linear, i.e. the
wavelength distribution that is imaged on the CCD array of the line camera is not
entirely equidistant. Therefore a linear approximation of this relation (see section
A.2) is used for the post-processing of the data. The deviation of the linear ap-
proximation from the exact relation is very small and can be compensated in the
rescaling, which will be described in section A.2.

4.1.5 System parameters

In this section, the most important system parameters of the single beam OCT
setup will be described.

Image resolution

FDOCT measures the path length differences ∆z between the interferometer’s sam-
ple and reference arm via the oscillation frequencies of the detected interference
signal (see section 3.3). The detected signal is proportional to the cosine of the path
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camera pixels
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Figure 4.9: Interference intensity signal ID recorded by the spectrometer’s line camera.
a) shows an ID corresponding to an arbitrarily chosen ∆z, while b) illustrates
the ID of the maximum recordable path length difference ∆zmax [21].

length difference (cf. Eq. (3.1) and Eq. (3.32)):

ID ∝ cos(2k∆z), (4.10)

which yields higher oscillation frequencies of ID for larger path length differences
∆z. The maximum frequency and thus the largest ∆z the line camera of the OCT
system can detect, is limited by the pixel size of the camera’s CCD array. The
highest frequency that will not just yet be undersampled is reached if half the os-
cillation’s wavelength coincides with the distance between two adjacent CCD pixels
as illustrated in Fig. 4.9; higher frequencies would be undesampled. Knowing this,
it can be seen from Eq. (4.10) that the largest path length difference ∆zmax (or the
highest frequency) that can be recorded by the OCT system’s line camera is defined
by the smallest detectable wave vector δk:

2 · δk ·∆zmax = π. (4.11)

δk can be calculated by differentiating the relation k = 2π
λ

:

δk = −2π
δλ

λ2
0

|δk| = 2π
δλ

λ2
0

,

(4.12)

where δλ represents the smallest detectable wavelength difference and λ0 stands for
the central wavelength of the systems light source. After inserting Eq. (4.12) in
Eq. (4.11), one arrives at the same relation as Lee et al. [68]:

∆zmax =
π

2 · δk
=

λ2
0

4 · δλ
. (4.13)

Since OCT measurements are usually performed in a medium and the speed of light
in a medium is reduced by the factor 1

n
, where n represents the medium’s refractive

index (cf. (3.72)), Eq. (4.13) has to be changed into:

∆zmedium
max =

λ2
0

4 · n · δλ
. (4.14)
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In order to calculate the wavelength difference δλ between two pixels, one needs to
know the range of wavelengths ∆λ = λmax−λmin focused on the CCD array, as well
as the number of CCD pixels NCCD-pixel:

δλ =
λmax − λmin

NCCD-pixel

. (4.15)

The line camera of the OCT setup has 2048 pixels. The maximum wavelength that
can be recorded by the system’s spectrometer can be calculated using Eq. (4.9), as
done in section A.2.1, which yields λmax = 938.39 nm. The minimum wavelength
λmin = 734.76 nm can be calculated analogously, with the difference that one has to
insert the negative half of the CCD array’s length (see Fig. 4.8) xmin = −14.34 mm.
Thus, Eq. (4.15) yields δλ = 0.0994 nm.

Inserting δλ, the central wavelength of the system λ0 = 841 nm and the refractive
index for blood n = 1.37 into Eq. (4.14) gives the maximal depth range in blood
that can be recorded by the OCT system: ∆zblood

max = 1.3 mm.

Dividing the maximum depth range by the number of pixels contained in an A-
scan gives the correspondence between A-scan pixels and µm in axial sample beam
direction. Since the Fourier transform is symmetric around zero and thus only half of
the CCD array’s pixels, i.e. in this case 1024, are used, the correspondence between
A-scan pixels and actual distance, which is also known as the image resolution,
results in:

1 px =̂ 1.27 µm. (4.16)

It should be mentioned that the image resolution in axial beam direction is limited
by the physical axial resolution, which will be explained in the following.

Axial resolution

Using OCT, it is possible to achieve high axial resolutions independently of beam
focusing and spot size of the focused beam, i.e. in OCT lateral and axial resolution
are decoupled, in contrast to e.g. standard microscopy.

The axial resolution of an OCT system is given by half of the the light source’s
coherence length. The factor 1

2
comes from the double pass of the light through the

interferometer arms.

Since the light source of the OCT system, used in the course of this work, has a
Gaussian shaped spectrum, the axial resolution δz is calculated from the Gaussian
coherence length lc,Gauss (see Eq. (3.12)):

δz =
lc,Gauss

2
=

2 ln 2

π

λ2
0

∆λ
. (4.17)
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Inserting the central wavelength λ0 = 841 nm and the bandwidth ∆λ = 49.6 nm of
the SLD into Eq. (4.17), yields the OCT system’s axial resolution δz = 6.3 µm.

As can be seen in Eq. (4.17), the axial resolution of an OCT application depends
only on the central wavelength and on the bandwidth of the light source. Therefore,
broad band light sources are needed in order to achieve high axial resolutions.

It should be mentioned that the axial resolution improves further for optical media
with refraction indices n > 1, due to the fact that

δzmed =
δz

n
. (4.18)

In case of a blood vessel, the refractive index of blood nblood = 1.37 has to be inserted
into Eq. (4.18), which yields the axial resolution in blood δzblood = 4.6 µm.

Lateral resolution

The radius of a Gaussian beam w(z) is defined as the distance from the beam’s center
to the point at which the beam intensity drops to 1

e2
of its maximum (see the red

curves in Fig. 4.10). The spot size of the focused beam of an OCT system defines the
lateral resolution δx, which is two times the beam’s waist radius w0, in the case of
a Gaussian beam (see Fig. 4.10). Thus, together with the beam divergence θ = λ0

πw0

[69], one arrives at:

δx = 2w0 =
2λ0

πθ
. (4.19)

Figure 4.10: Schematic drawing of a collimated Gaussian beam being focused by a lens,
with the following parameters: the incident beam’s diameter D, the focal
length of the lens f , the beam divergence θ, the beam radius w(z) at a
distance z from the focus point, the Rayleigh length z0 and the radius of
the beam’s waist w0.
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For a Gaussian beam that is focused by a lens, one can write tan θ = D
2f

, as can be
seen in Fig. 4.10, where D is the beam diameter before the lens and f is the focal
length of the lens. θ ≈ D

2f
in case of small beam divergence angles: thus, the lateral

resolution can be rewritten to:

δx =
4λ0f

πD
. (4.20)

With f = 1
300

m (since the total refraction power of the rat eye equals 300 dpt [22])
and D = DAsample = 0.32 mm (see section 4.1.2), the lateral resolution of the OCT
system in the rat eye results in δx = 11.3 µm.

Depth of focus

The depth of focus (DOF) is defined as twice the Rayleigh length

z0 =
k

2
· ω2

0 =
πω2

0

λ0

. (4.21)

As can be seen in Fig. 4.10, z0 is the distance in which the Gaussian beam widens
from w0 to

√
2w0. Using Eq.(4.21) together with Eq. (4.19), one can calculate the

DOF to be:

DOF = 2 · z0 =
2π · ω2

0

λ0

=
2π ·

(
δx
2

)2

λ0

=
π · δx2

2λ0

(4.22)

Inserting the lateral resolution of δx = 11.3 µm and the setup’s central wavelength
gives a DOF of 238.5 µm. This is sufficient for the measurement of retinal vessels in
the rat eye, as the rat retina has a thickness of about 170µm [22].

Oversampling factor

The measurement of a sample particle’s velocity using the Doppler OCT technique,
which is described in section 3.4.1, is based on the assumption that two adjacent A-
scans are taken at the exact same position at different times. However, as mentioned
in section 4.1.2, to acquire a cross-sectional image (also known as B-scan), the probe
beam has to be scanned across the sample continuously, i.e. the adjacent A-scans
are not recorded exactly at the same position. Too large distances between two
adjacent A-scan positions will result in decorrelation of the two A-scan signals.
The further the adjacent A-scans are apart, the stronger the decorrelation noise
(random phase variations) will get, until it completely overlays the phase differences
that are induced by moving sample particles. Hence, when performing Doppler
FDOCT measurements, it is necessary to use a sufficient degree of oversampling [9].
However, high oversampling prolongs the data acquisition time of the measurements,
thus making them more susceptible to sample motions. Therefore, one has to find
a reasonable compromise between signal decorrelation and measurement time.
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A definition for the degree of oversampling of a phase tomogram was introduced by
Singh et al. [70], in form of the oversampling factor (OF):

OF =
δx ·N
d

, (4.23)

with δx being the spot size (or the lateral resolution), N being the number of sample
points and d being the geometrical width of the tomogram. Inserting the system’s
lateral resolution δx = 11.3 µm, as well as the number of A-scans N = 1000 and
the tomogram width d = 1.1 mm, which were used in all measurements conducted
in section 4.4, into Eq. (4.23) yields an oversampling factor of OF ≈ 10.

This value indicates that the distance between the sampling points of two adjacent A-
scans is 1

10
of the sample beam’s spot size. The standard deviation of the phase values

that are obtained at this sampling point distance and beam diameter ratio is below
0.35 rad according to Park et al. [67], which is sufficiently low to be disregarded.

Velocity range of the OCT system

The single beam system’s maximum velocity vmax without any phase wrapping ar-
tifacts can be calculated by inserting ∆φmax = π into Eq. (3.74). With the other
parameters, namely the Doppler angle δ = 0◦, the system’s central wavelength
λ0 = 841 nm, the refractive index of blood nblood = 1.37 and the CCD camera’s
exposure time τmin = 57 µs, Eq. (3.74) yields vmax = 2.7 mm/s. However, since the
in-vivo measurements were performed in the posterior pole of the rat eyes about
one optic disk diameter from the ONH, much higher Doppler angles in the range
of 90◦ were most likely. Thus, the real vmax was in the range of 15 mm to 25 mm,
depending on the Doppler angle. It is possible to assess even higher velocities by
unwrapping the phase data (see section 4.3.2, blood vessel evaluation), in case of
single phase wrapping. Multiple phase wrapping cannot be compensated as easily,
since the exact number of phase wraps needs to be determined.

The lowest velocity vmin the OCT setup can detect is defined by the system’s phase
noisevi ∆φerr. The phase noise of a single B-scan ∆φerr = 0.55 rad was determined
by measuring a static retinal tissue region and taking the FWHM of this region’s
phase distribution, as suggested by Schmoll et al. [72]. However, since the phase
data of 140 B-scans were averaged for every flow measurement conducted in the
sections 4.2 and 4.4, the phase noise was also calculated for 140 averaged B-scans,
which yielded ∆φavg

err = 0.18 rad. Inserting ∆φavg
err and the parameters described in

the previous paragraph into Eq. (3.74) yields a minimum detectable velocity as low

vi∆φerr of the measured data is composed of the noise coming from the CCD camera (fixed pat-
tern and pixel noise; see Werkmeister [40] and Leitgeb et al. [71] for more details), phase deviations
arising from the scanning process (in reality, the sample beam will never be adjusted perfectly on
the pivot-point of the fast axis scanner), and phase deviations due to sample movements.
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as vmin = 1.8 mm/s, for a Doppler angle of δ = 85◦. This Doppler angle was used
for the capillary measurements described in section 4.2.2; smaller δ will, of course,
result in lower vmin.

4.2 In vitro measurements

Before the previously described single beam OCT system was used to measure living
animals, its functionality had to be tested by conducting ex vivo experiments.

4.2.1 Rotating disk

The first experiment to verify the system’s capability of measuring relative velocities
simply was a tilted rotating cardboard disk (see Fig. 4.11). Since the sample beam
exits the OCT setup as collimated beam, an additional lens needs to be placed after
the RVA lens to focus the sample beam onto the rotating disk. No scanning was
performed during the measurement and the sample beam was focused on a position
with a distance of r = 5 mm from the disk’s center. As mentioned in section 3.4.2,
Doppler OCT can only measure the longitudinal velocity component of a moving
sample. Consequently, the measured velocity equals zero for Doppler angles δ = 90◦.
Hence, the cardboard disk has to be tilted, so that δ 6= 0◦, as shown in Fig. 4.11 b).
Thus, the OCT system measures the longitudinal component vdisk,L of the tangential
velocity vdisk at the focus point.

Figure 4.11: Schematic of the sample beam being focused on a disk rotating with the
angular velocity ω to measure the tangential velocity vdisk at the illuminated
position (adapted from [21]).
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Figure 4.12: Linear relation between the tangential velocity of the rotating disk vdisk and
the velocity calculated from the phase shift measured by the OCT system
vOCT. The red line represents the linear fit of the measured datapoints,
and the dashed black line is the unity slope.

The rotational speed of the disk was regulated via the voltage applied to the disk’s
motor, and the number of rotations per second nrot was determined by means of
a stop watch. Since the angular velocity is defined as ω = 2πnrot, the tangential
velocity can be written as follows:

vdisk = ω · r = 2πnrot · r. (4.24)

Due to the fact that the Doppler angle is known in this experiment, it is possible
to calculate the disk velocities vOCT from the phase values that are measured by
the OCT system. In order to do so, Eq. (3.74) has to be used; however, n can be
omitted, as the refraction index of air is one.

The results of six different disk velocities at a Doppler angle of δ = 81◦ are shown
in Fig. 4.12. The phase values of several hundred A-scans were averaged for each
datapoint. As can be seen in Fig. 4.12, the measured velocities vOCT are in very good
agreement with the set disk velocities vdisk, and their correlation is highly linear (the
calculated correlation coefficient equals 0.99985).
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Figure 4.13: Photograph showing the RVA lens (L2 of the OCT system), the additional
focusing lens and the glass capillary.

4.2.2 Glass capillary

The second experiment was designed to test the OCT system’s capability to measure
the velocity of a liquid flowing through a small glass tube, which is a simple in vitro
simulation of a blood vessel in a living animal. The glass capillary has an inner
diameter of 0.3 mm and is glued to the slanted end of a brazen tube, so that the
Doppler angle between sample beam and capillary is not 90◦ (see Fig. 4.13). A sheet
of paper is mounted behind the capillary, making it easier to find the right position
of the reference mirror, as the paper gives a stronger structural OCT signal than the
surface of the glass capillary. As already done in the experiment with the rotating
disk (see section 4.2.1), an additional lens has to be mounted after the RVA lens to
focus the sample beam onto the glass capillary.

Since the average red blood cell size of rats is about 7µm [73], a dilution consisting
of 1

3
milk and 2

3
water was used as sample liquid for the capillary measurements, as

the fat globules in milk have diameters ranging from 0.1 − 15 µm, with an average
diameter of about 4µm [74, 75]. As can be seen in Fig. 4.13, a flexible tube is
attached to each end of the glass capillary. One of those flexible tubes is connected
to a syringe, which is filled with the sample fluid and mounted in a syringe pump.
Using this pump, one can apply a continuous flow and hence a constant velocity of
the sample fluid in the capillary. To calculate the fluid’s velocity in the capillary,
the flow set at the syringe pump has to be divided by the capillary’s cross-sectional
area:

vcap. =
Qpump

Acap.

=
Qpump

r2
cap.π

. (4.25)
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Figure 4.14: Mean phase difference values of three capillary measurements over the ve-
locity in the capillary.

Using this relation, three measurement sets, each consisting of ten different velocities
vcap. ranging from 0−25 mm/s, were conducted. After each flow change, ten minutes
passed before an OCT measurement was recorded, to assure that the velocity in the
capillary was constant, as the velocity may over, or under-shoot the set value shortly
after starting the pump. To compensate for inconsistencies of the sample fluid’s flow
that are induced by the syringe pump, a single OCT measurement consists of 140
B-scans, which are averaged to calculate one datapoint.

The averaged results of the three measurement sets are shown in Fig. 4.14, which
reveals that the phase difference values ∆φ have a highly linear relation to the
actual velocity vcap. inside the capillary (the correlation coefficient was calculated to
be 0.99964).

This confirms the system’s capability of measuring the relative velocity of a liquidvii

in a glass capillary, and hence implies its capability of measuring the relative blood
flow velocities of retinal vessels in living animals.

4.3 Data handling

All hardware control, data acquisition, data processing and data evaluation pro-
grams used in the course of this thesis were written in LabVIEW (National Instru-
ments), the platform of the graphical programming language G.

viiThe system can only measure velocities of liquids that contain sufficient particles, which reflect
the light of the SLD (in case of this OCT system, light in the range of 841 nm).
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4.3.1 Data acquisition

The waveforms for the galvo scanners and the camera trigger signals are generated
in the LabVIEW program “3D-Scanner.vi”. The scanner waveforms are sent via the
analog outputs of the acquisition board’s (NI PCIe-6251) connector block (BNC-
2110), while the camera trigger signals are sent via the connector block’s digital
outputs. A CCD line camera (Atmel, AViiVA M2 CL 2014) records the spectral
data of the OCT system via a frame grabber board (NI PCIe-1430). The camera
trigger signals are fed into the frame grabber board via an extension board (NI
Camera Link I/O Extension Board).

Before starting the data acquisition software, the scanner control LabVIEW pro-
gram needs to be started; as mentioned above, this program generates the scanner
functions and the camera trigger signals. Fig. 4.15 shows the saw-tooth function
for the motion the fast scanner performs during one B-scan, i.e. all A-scans that
are contained in a single B-scan are recorded during the rising ramp of the fast axis
scanner’s saw-tooth signal. Since B-scans consisting of 1000 A-scans were recorded
for all measurements described in this chapter, and the camera’s exposure time was
set to 57µs, the fast scanner trigger frequency (also referred to as linerate or A-scan
frequency) was set to 17.543 kHz. Although 1000 A-scans could thus have been
recorded within 57 ms, the B-scan frequency (also known as framerate) was only set
to 16 Hz, as the scanner needs sufficient time return to its starting position. Thus,
a single saw-tooth motion performed by the fast axis scanner (see Fig. 4.15) took
62.5 ms.

The data acquisition program initializes the line camera and reserves two buffers
with the size of a whole B-scanviii, respectively. During the recording process, the

Figure 4.15: Saw-tooth function controlling the fast axis scanner. Vf is the voltage of
the scanner’s control signal over time.

viiiA B-scan consisting of 1000 A-scans is an image with 1000 pixels width and 2048 pixels height
(as the CCD array has 2048 pixels). Hence, such a picture requires a buffer size of 3.9 megabyte
for a pixel resolution of 16 bit.
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Figure 4.16: Front panel of the data acquisition program showing the live images of an
in vivo measurement of a rat retina.

camera writes adjacent B-scans alternatingly into buffer1 and buffer2. The data
are written into buffer2, while the acquisition program reads the data from buffer1
and copies it to the system memory (copying the data directly to the hard disk
drive (HDD) would be too slow); after 62.5 ms, the camera writes into buffer1 again
and the acquisition program copies the data from buffer2 to the system memory.
Once all B-scan data from one measurement are copied to the system memory, the
data are saved as a 16-bit signed-integer binary file in the preset HDD folder. Storage
on the HDD takes much longer than the actual acquisition time.

The data acquisition program has several live displays (see Fig. 4.16), which are
needed for a successful OCT measurement. The first mathematical operation in the
acquisition program’s display section is the subtraction of a reference spectrumix

from every B-scan of the current measurement to remove unwanted system internal
reflections. This step is not necessary to record OCT data; however, if no reference
spectrum is recorded, the acquired spectra will not be corrected and the unwanted
artifacts will stay visible in the live displays (see Fig. 4.17). Subsequently, every
A-scan of the current B-scan is rescaled (see section A.2.2 for a description of the
rescaling process), and the first of these rescaled A-scans is displayed on the pro-
gram’s front panel (see Fig. 4.16 upper left display). Then, the A-scan spectra are

ixA reference spectrum is recorded by blocking the sample arm right behind the RVA lens, and
clicking the Take Ref. button in the data acquisition program. Thus, a full spectrum of one A-scan
that includes all of the system’s internal reflections, but no sample information, is recorded.
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Figure 4.17: Amplitude image of an artificial eyex; in image a) an internal reflex of the
OCT system can be seen as white line above the cross-sectional image of
the artificial eye. Image b) shows the same B-scan after subtracting the
reference spectrum from each A-scan.

Fourier transformed by a fast Fourier transform algorithm and shown on the front
panel’s second display (see Fig. 4.16 upper right display). Taking the amplitude
of a B-scan’s Fourier transform gives the intensity image, which is also displayed
on the programs front panel (see Fig. 4.16 lower left display). The first line of the
phase image is calculated by taking the phase difference between the B-scan’s first
and second A-scan (see section 3.4.1), the next line is calculated from the second
and the third A-scan and so on. Thereafter, a threshold is applied to the amplitude
image, and for every pixel with a value below this threshold the corresponding pixel
in the phase image is grayed out. Thus, only phase image pixels corresponding to
the object structure visible in the amplitude image are displayed in the resulting
phase image, which is also displayed on the acquisition program’s front panel (see
Fig. 4.16 lower right display).

To record a measurement consisting of one or more B-scans, the displays need to be
turned off, as the displays and their necessary mathematical operations require too
much computing power and would slow down the data acquisition, i.e. there are no
live images available during the data acquisition process.

The reference arm and the sample arm of the OCT system need to have approxi-
mately the same length, or else no object structure is visible in the intensity image
display. If that is not the case, the reference mirror position has to be modified
until the cross-sectional intensity image becomes visible in the display. The desired
measurement position on the sample is found by means of the DVA fundus image
and the system’s target laserxi. Furthermore, the afore described OCT intensity live
display is needed to check the focusing of the sample beam and the signal quality,

xAn artificial eye is basically a lens focusing the sample beam onto a sheet of paper with lines
drawn onto it. The incident light is absorbed by the ink of the lines and, consequently, cannot
penetrate the paper as deep as in the other regions.

xiThe DVA is designed for visible light and thus, cannot detect infrared light. Therefore, a target
laser beam in the visible range (about 650 nm) that has to be collinear with the sample beam, is
coupled into the OCT system.
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Figure 4.18: Spectrum of a single A-scan; a) recorded while the line camera was driven
into saturation, b) recorded after the reference arm power was reduced, so
that the line camera was not driven into saturation.

while the phase live image is used to verify that the Doppler angle does not equal
90◦, in which case the blood flow velocity could not be measured, which would make
it impossible to distinguish between blood vessels and static tissue in the phase
image. Additionally, the powers of the recorded A-scan spectra have to be at a
maximum without driving the line camera into saturation (see Fig. 4.18); this can
be determined via the A-scan spectra display (upper left in Fig. 4.16). Since the
main power of the back-reflected light comes from the reference arm, as the reference
mirror usually has a much higher reflectivity than the sample layers, the power of
the spectra can be increased or decreased by manipulating the NDF (neutral wedge,
Qioptiq Photonics GmbH) in the system’s reference arm.

4.3.2 Data evaluation

To evaluate the recorded Doppler OCT data of a capillary or an in vivo experiment,
several post-processing steps have to be executed, before the data can be statistically
evaluated and plotted with programs such as e.g. Microsoft Excel or OriginPro.

Image processing of amplitude and phase images

At first, the post-processing program reads the saved spectral data of one B-scan at
a time from the binary files and exports the processed amplitude and phase images
automatically.

In contrast to the data acquisition program (described in the previous section 4.3.1),
the data evaluation program does not subtract one reference spectrum from all A-
scans contained in the whole stack of B-scans of one OCT measurement, but it
calculates a ‘mean spectrum’ for every B-scan individually, and subtracts the same
from every line of the B-scan it was calculated from. To calculate a ‘mean spec-
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trum’, the pixel by pixel mean value of all A-scans in a B-scan is taken. Thus, the
background frequencies caused by e.g. the system’s internal reflexes are retained, as
they are the same in every A-scan, while the changing frequencies of the sample are
averaged out. This method gives more reliable results than the reference spectrum
technique. However, it also needs needs more computing power than the subtraction
of a single reference spectrum from all A-scans of a recorded B-scan stack, which is
the reason why the ‘mean spectrum’ method was not used in the data acquisition
program, since it would have delayed the update rate of the live displays. The com-
puting time, however, is of no consequence in case of the post-processing program,
as the calculations and the data export are fully automatic.

The next step is the rescaling of all spectra, as they are recorded in λ-space and the
data points are, thus, not equidistant in frequency-space (see section A.2 for further
explanation). Subsequently, potentially remaining dispersion effects are compen-
sated numerically, as the dispersion compensation in the reference arm (glass block),
which compensates for lenses and eye (see section 4.1.2) is not perfect. This imper-
fectness of the dispersion compensation can be increased due to the fact that every
rat eye is slightly different. Therefore, the compensation can be further improved
by a numerical dispersion compensation. As the spectrometer’s spectral fringe pat-
tern is a real function, a Hilbert transformation has to be used to create a complex
analytic representation of the spectral fringe pattern Ŝ(k) = |S(k)| eiφ(k). The phase
of Ŝ(k) is then corrected using an algorithm developed by Wojtkowski et al. [76]:

φ̄(k) = φ(k0)− a2(k − k0)2 − a3(k − k0)3, (4.26)

where φ(k0) is the original phase. The parameters a2 and a3 were chosen manually
to improve the image quality. However, the values should be varied carefully, as
wrong parameters in Eq. (4.26) can distort the amplitude image even more than
insufficient or too much dispersion compensating glass in the reference arm. As
shown in Fig. 4.19, an amplitude image with poor dispersion compensation looks
blurry, while the same image appears sharper and more details become visible after
applying the proper dispersion compensation.

The resulting rescaled and dispersion compensated data is then Fourier transformed
using a fast Fourier transform algorithm. As shown in section 3.3.1, this Fourier
transformation gives cross-correlation and auto-correlation terms, which are sym-
metrical with their mirror terms around zero, i.e. half of the resulting data are
irrelevant. Thus, the half of each A-scan spectrum that is containing the mirror
terms is deleted to save computing power and system memory, as well as disk space,
since the processed tomograms are stored on the hard disk drive. The Fourier trans-
formation yields complex data: the amplitudes of the complex data points are the
intensity values that correspond to the object structure of the sample. Displaying
all amplitude values of a B-scan as gray scale values gives the B-scan’s amplitude
tomogram; an example showing a cross-sectional region of a rat’s retina and choroid
can be seen in Fig. 4.19.
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Figure 4.19: Rescaled amplitude tomogram of a rat retina with poor a) and proper b)
dispersion compensation.

The phase data of the rescaled, dispersion compensated and Fourier transformed
A-scan spectra iD,n = An · eiφn can be used to calculated the phase difference of
two adjacent A-scans, which is proportional to the sample particle velocity (see
Eq. (3.74)). However, as described in section 3.4.1, this method requires the two
A-scans to be recorded exactly at the same sample positions at different times. As
already mentioned in the description of the oversampling factor in section 4.1.5, the
probe beam has to be scanned across the sample to acquire a B-scan. Thus, two
adjacent A-scans are not recorded exactly at the same sample position. However,
the diameter of a rat’s red blood cell is about 7µm [73], while the distance between
two consecutive sample points is about 1µm, which can be calculated by dividing
the beam width δx = 11.3 µm (see lateral resolution in section 4.1.5) by the used
OFxii. Therefore, two consecutive sample points can be considered to be at the same
position. The data evaluation program calculates the phase difference tomogram of

xiiThe oversampling factor OF = 10 was used for the capillary measurements in section 4.2.2, as
well as for the in vivo measurements described in section 4.4.
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Figure 4.20: This figure shows the rescaled and dispersion compensated amplitude tomo-
gram a), as well as the thresholded and motion corrected phase tomogram
b) of a single B-scan from an in vivo measurement of a rat retina.

a whole B-scan, as it multiplies each A-scan (line) spectrum iD,n of a B-scan with
the complex conjugate of its previous A-scan spectrum, line by line (cf. Eq. (3.68)):

An−1 · e−iφn−1 · An · eiφn = An−1An · ei(φn−φn−1). (4.27)

The phase values of the result ∆φD,n = φn−φn−1 represent the values of the B-scan’s
phase difference tomogram.

Subsequently, as already mentioned in the description of the data acquisition pro-
gram (see section 4.3.1), a threshold with respect to the amplitude image is applied
to the phase image. To this end, the value of every pixel of the amplitude image
has to be compared to the threshold, and if a pixel value is below the threshold,
the corresponding pixel value of the phase image will be set to -100, and thus, be
grayed out in the phase image, as this value lies far outside the phase value range,
which is between −π and π. This is done to show only the phase data of the highly
reflective sample layers and the blood vessels in the phase images. An example for a
phase tomogram and its corresponding amplitude tomogram is shown in Fig. 4.20,
where the phase image is displayed as false-color image, so that blood vessel can
easier be distinguished from static tissue. The pixels with greenish-yellowish color
in Fig. 4.20 b) indicate that the Doppler shift and hence the axial sample velocity
equals zero, while red and blue areas indicate the occurrence of blood vessels with
positive or negative flow velocities. The tissue behind the large vessels is shadowed,
as the blood inside the vessels reflects and absorbs more of the sample beam’s light
than the surrounding tissue. Furthermore, the phase values of the shadowed areas
behind a large vessel are obscured due to multiple scattering of the incident light at
the red blood cells.

Since the blood flow velocity measurement via Doppler OCT is a very sample motion
sensitive technique, slight movements of the rat eye, or movements of the animal’s
head caused by respiration can induce phase shifts in the whole B-scan, or to parts
of it. Such “bulk motion” artifacts are corrected by means of a histogram based
correction method (see Fig. 4.21) that was first used by Makita et al. [77], and then
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Figure 4.21: Image a) shows an in vivo phase tomogram of a rat retina with a sample
motion artifact over the whole B-scan, while image b) shows the motion
corrected version of the same phase tomogram.

adapted by Schmoll et al. [72] and Werkmeister et al. [78]. The bulk motion cor-
rection LabVIEW subprogram that is implemented in the data evaluation program
was written by René Werkmeister.

After performing all those steps, the data evaluation program saves all the calculated
amplitude and phase image data of a whole B-scan stack which was acquired during
one OCT measurement to the HDD for further evaluation.

Blood vessel evaluation

To evaluate and average the velocity, or rather the phase data of one blood vessel in
all phase images of one OCT measurement, only a small area containing the vessel
data is extracted from every phase tomogram. The vessel area is selected via two
horizontal and two vertical cursors (see Fig. 4.22). The cursors can be dragged per
mouse or moved by entering the cursors’ pixel position into numerical control fields.
With decreasing blood flow velocity and signal quality, it is increasingly difficult
to recognize the vessel’s border or even its position. The most obvious way to
identify a blood vessel is to use the color of the phase image, but using this method,
one should keep in mind that the velocities close to the vessel border are small,
which could lead to an underestimation of the vessel dimensions. Additionally, the
afore mentioned shadowing of the regions behind the vessels in amplitude and phase
image (see Fig. 4.20) can be used to find the transversal vessel borders. However,
multiple scattering of the incident light in the blood vessel obscures the phase data
of the tissue behind the vessel, which hampers the identification of the blood vessel’s
rear border. Consequently, some experience is required for reproducible vessel area
determination.

In order to evaluate the vessel data of a whole series of measurements, the vessel area
has to be defined by the cursors (see Fig. 4.22) for every B-scan, which means 140
times per measurement point, since the vessel position varies in consecutive B-scans
due to sample motion. Thus, the vessel area extraction is the most time-consuming
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Figure 4.22: The blood vessel area is marked in both, amplitude and phase image using
the green and the red cursors.

of all post-processing steps. Therefore, a vessel search subprogram that was written
by Veronika Doblhoff-Dier and Stefan Löffler is implemented in the vessel extraction
LabVIEW program. The subprogram locates vessels in a predefined searching area
by fitting an ellipse into the phase images using a downhill simplex algorithm. The
major and minor semi-axes of this ellipse have to be set manually, by defining the
transversal as well as the axial vessel diameter using the green and the red cursors,
as illustrated in Fig. 4.22. Then, the search algorithm tries to maximize the number
of positive (or negative) pixels inside the ellipse, while the number of pixels outside
the ellipse is minimized. This automatic vessel search method worked well for phase
images with good signal quality and high velocities, so that the vessels were clearly
distinguishable from static tissue. However, it was still necessary to monitor the
automatic vessel detection and make manual adjustments in case of detection errors.
Nevertheless, this semi-automatic vessel search technique saved a lot of time in the
data evaluation.

After the vessel detection, the cursor positions are saved to a text file and the vessel
areas of a B-scan stack are saved to a binary file, along with a size file describing
the vessel areas’ dimensions and the amount of B-scans in a stack.

For further evaluation, one vessel area stack is loaded into the vessel calculation
LabVIEW program. In the event of high axial velocity components of the flow in a
blood vessel, the phase values can exceed the phase angle range [−π, π] of the Fourier
transformed data and the phase values will ‘wrap’, i.e. values exceeding one end of
this range (e.g. −π) will jump to the other end of the phase angle range. This ‘phase
wrapping’ appears as a seemingly reverse flow in the center of the blood vessel (see
Fig. 4.23 a), b), c). In case of single phase wrapping the data can be ‘unwrapped’
by adding or subtracting 2π, depending on whether the phase shift is positive or
negative, which expands the phase angle range to [−2π, 2π]xiii. To unwrap the vessel
data, the algebraic sign of the phase shift, as well as a phase threshold have to be set

xiiiIf the phase values still exceed the expanded range of [−2π, 2π], this phenomenon is referred
to as multiple phase wrapping. No multiple phase wrapping was encountered in the experiments
that were conducted in the course of this thesis.
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Figure 4.23: The images a), b) and c) show a phase wrapping artifact of a retinal blood
vessel, while the images d), e) and f) represent the same blood vessel after
the unwrapping procedure. The phase images a) and d) show a vessel area
of a single B-scan; b) and e) are the corresponding averaged vessel areas
of a whole B-scan stack (consisting of 140 B-scans); c) and f) show the
velocity profiles of the averaged phase images at the positions of the black
lines.

manually in the vessel calculation program, so that only those data points exceeding
[−π, π] are unwrapped. An example of the unwrapping procedure can be seen in
Fig. 4.23, where the images on the left side a), b) and c) show a retinal vessel with
a phase wrapping artifact, while the images on the right side d), e) and f) are the
corresponding images of the unwrapped phase data. During the vessel evaluation,
the necessity for unwrapping was decided for every B-scan stack individually.

Since the data points that were set to −100 are not included in the calculation of the
vessel’s mean phase shift, these ‘missing’ data points can lead to an underestimation
of the mean phase shift (see Fig. 4.24). Therefore, the −100 values inside the vessel
have to be interpolated, to prevent such an underestimation of the blood vessel’s
mean phase shift (see Fig. 4.24). The missing data points are calculated according
to a parabolic fit-function:

f(x, y) = a+ bx+ cy + dx2 + ey2 + fxy. (4.28)

After fitting, a mean filter in the form of a convolution with a 7×7 matrix is applied
to the data to remove potential outliers.

Then, finally, the vessel’s mean value of every phase tomogram in a B-scan stack is
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Figure 4.24: This graph illustrates the error being made, if the data points inside the
vessel that were set to -100 are not fitted but excluded from the calculation
of the mean phase shift. The red curve f2 is the result of the -100 values
being excluded from the dataset, while the fitted data yields the blue curve
f1, which is closer to reality (adapted from Doblhoff-Dier [21]).

calculated and written into a text file. The resulting list of mean phase values can
be imported into any spreadsheet software.

In the course of this thesis, OriginPro 9.1 was used for all statistical calculations as
well as for the creation of statistical plots.

4.4 In vivo measurements in large retinal veins

The following experiments and results were already published 2014 in the Journal
of Biomedical Optics [65].

All OCT measurements described in this section were acquired and evaluated as
explained in section 4.3. The vessel diameters were measured via the DVA rodent
by Imedos (see section 4.1.3) and recorded using the commercially available RVA4.16
software, which was also developed by Imedos.

In order to test the single beam system’s ability to detect relative changes in the
retinal blood flow, two different in vivo experiments were conducted. In the first
experiment, oxygen induced vasoconstriction was investigated, while vasodilation
due to flicker light stimulation was studied in the second experiment.

In all animals of both experiments, only one major retinal vein was measured, since
high velocities in the arteries, especially during systole, can cause multiple phase
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wrapping and fringe washoutxiv. This limitation is caused by the relatively long
exposure time of the used line cameras (see the velocity range of the OCT system
in section 4.1.5). Thus, faster cameras would be needed to measure the high blood
flow velocities in retinal arteries without encountering any multiple phase wrapping
artifacts or fringe washout. Those phenomena have to be avoided, as they would
make the calculation of a vessel’s mean phase value more difficult and could lead
to an underestimation of the actual mean phase value. However, the measurement
of retinal veins would be sufficient for the assessment of the retinal perfusion, as
the blood inflow into the inner retina through the CRA (see section 2.2) equals the
blood outflow through the CRV [61].

The OCT scanning position on the retina of each animal measured in the experi-
ments described in this section was chosen to be at a distance of one to two diameters
of the optic disk from the ONH. The length of the scanned line on the rat retina,
and thus the width of the acquired B-scans was 1.1 mm, using an oversampling fac-
tor of 10. During one OCT measurement, a stack of 140 B-scans was acquired, so
that possible flow irregularities (retinal veins may show a low heart beat related
pulsatility) averaged out.

4.4.1 Animal preparation

The measurements were performed following the statement for the use of animals in
ophthalmic and vision research of the association for research in vision and ophthal-
mology (ARVO) and were approved by the ethical committee for animal experiments
of the Medical University of Vienna.

For both the vasoconstriction and the vasodilation experiments, male Sprague-
Dawley rats with a body weight in the range of 400 to 600 g were used. Anesthesia
was induced by an intraperitoneal injection of 100 mg/kg ketamine and 5 mg/kg xy-
lazine. Subsequently, the animals were intubated and ventilated with oxygen and 2 %
isoflurane at a ventilator frequency (VF) of 70/min to maintain deep anesthesia dur-
ing the surgical procedure. Then a bolus of 20 mg/kg was administered via a venous
access. After that, the animals got a continuous intravenous infusion of 50 mg/kg/h
ketamine, 0.05 mg/kg/h fentanyl and 20 mg/kg/h gallamine triethiodide. To control
the depth of the anesthesia, blood pressure and heart rate were monitored perma-
nently. Only the right eyes of the animals were used for the measurements. In order
to prevent the rats’ eyes from drying out and to maintain good imaging quality, the

xivFringe washout is a sensitivity decay phenomenon known in spectral domain FDOCT, where
the signal to noise ratio (SNR) decreases with increasing transverse sample particle velocities [79].
To counteract the fringe washout, a shorter camera integration time would be needed. This can
be achieved by using a faster line camera, or by using only a part of the camera’s CCD pixels,
to reduce the camera readout time. However, the second approach would decrease the range of
detectable wavelengths and degrade the image resolution of the OCT system.
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Figure 4.25: Photograph a) shows the front view of the rat holder with one vertical and
two horizontal (x and y direction) translation stages, as well as the tilted
goniometer table. In image b), the side view of the holder with a green
heating mat and a test animal can be seen. Photograph c) shows the head
of the rat with its teeth hooked into the tooth bar.

eyes were constantly moistened with eye drops containing hyaluronic acid (Hylo-
Comod, 1 mg/ml sodium hylauronat; Ursapharm, Saarbrücken, Germany), except
for the ongoing measurement (during DVA and OCT data acquisition).

The anesthetized rats were then put onto an animal holder, which allowed to ma-
nipulate the animals position in x, y and z axes, as well as to tilt the whole animal
along its longitudinal axis (see Fig. 4.25). Furthermore, the animals teeth had to
be hooked into a tooth bar to prevent the head from rolling to the side at high
tilting angles. A heating mat beneath the rat was used to maintain a constant body
temperature during the measurements. For a successful measurement, the animal
position had to be altered by manipulating the animal holder’s translation stages
and its goniometer table, until a sharp DVA fundus image, a good OCT signal and
a Doppler angle different from 90◦ was reached.

After completion of the experiments, the animals were euthanized via a lethal injec-
tion of pentobarbital (Release, Wirtschaftsgenossenschaft deutscher Tierärzte eG).
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4.4.2 Vasoconstriction measurements

The single beam system’s capability to detect in vivo flow changes in retinal vessels
firstly was investigated by means of oxygen induced vasoconstriction measurements
in six animals.

Experiment protocol

Once the animals were prepared for the measurements, as described in section 4.4.1,
the ventilation gas was changed to ambient air for 10 minutes at constant VF. Then,
the animals were ventilated with 100 % oxygen for another 10 minutes. Vessel di-
ameter acquisition via the DVA was started at minute 8 of the air breathing phase
and ran continuously until the end of the measurement (see Fig. 4.26). The vessel’s
blood flow velocity was measured, using the OCT system, at the minutes 8 and 9
of the air breathing phase and at the minutes 2, 4, 6, 8, 9 and 10 of the oxygen
breathing phase. The data recorded at the air breathing phase were considered
as the baseline of the measurement. The animals eyes were moistened constantly,
except for the duration of the DVA and OCT measurements.

Figure 4.26: Experiment protocol of the hyperoxia induced vasoconstriction measure-
ments (derived from a figure already published by the author [65]).

Results

The results of the vasoconstriction measurement of one animal are shown in Fig. 4.27.
The phase tomogram Fig. 4.27 a) was recorded using the Doppler OCT method
described in the section 3.4 and was acquired and post-processed as explained in
section 4.3. This image shows one retinal vein at baseline conditions (during the
air breathing phase) with a vessel diameter of approximately 100µm that has a
clearly visible phase wrapping artifact in the vessel center. The unwrapped nearly
parabolic velocity profile through the vessels center is plotted in Fig. 4.27 c). After
10 min of oxygen breathing, the vessel diameter decreased to approximately 92 µm
and the phase wrapping artifact disappeared as a result of the reduced blood flow
velocity, as can be seen in Fig. 4.27 b). This decrease in vessel diameter and blood
flow velocity is also visible in the velocity profile shown in Fig. 4.27 d), which is
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Figure 4.27: Image a) shows a phase tomogram containing a large retinal vein (with
a phase wrapping artifact) acquired under baseline conditions and image
c) illustrates the extracted unwrapped vessel profile. b) and d) show the
corresponding images after 10 min of oxygen breathing. In graph e), the
vessel’s continuously measured diameter D, the phase shift ∆φ measured
via the OCT and the calculated relative flow Q are plotted against the
measurement time. The dashed line at 120 s marks the change of the ven-
tilation gas from ambient air to 100 % oxygen (derived from figures already
published by the author [65]).

86



4 Measurement of large retinal vessels using Doppler OCT

0 1 2 0 2 4 0 3 6 0 4 8 0 6 0 0 7 2 0- 7 0

- 6 0

- 5 0

- 4 0

- 3 0

- 2 0

- 1 0

0

1 0
 d i a m e t e r
 v e l o c i t y
 f l o w

ch
an

ge
 fro

m 
ba

se
line

 [%
]

t i m e  [ s ]
Figure 4.28: In this graph, the relative changes of diameter (blue diamonds), blood

flow velocity (red squares), and blood flow (green circles) from baseline
conditions during 100 % oxygen breathing are plotted over the measurement
time. The datapoints represent the mean values ± SD of the large retinal
veins measured in 6 animals. The dashed line indicates the start of the
oxygen breathing phase.

still nearly parabolic, even though the blood flow velocity is significantly reduced.
The acquired vessel diameter data of the whole measurement, as well as the eight
Doppler OCT measurement points (see the experiment protocol paragraph of this
section for the exact time points) and the vessel’s blood flow are plotted over the
measurement time in Fig. 4.27 e). The blood flow was calculated using the relation

Q = v · A = v · D
2π

4
∝ ∆φ · D

2π

4
, (4.29)

where A stands for the vessel’s cross sectional area. As mentioned in section 3.4.2,
the single beam Doppler OCT method used for the experiments described in this
section could not measure absolute velocity values due to the lacking knowledge of
the Doppler angle. Thus, the blood flow Q can only be calculated in arbitrary units.
The vessel diameter curve of Fig. 4.27 e) shows that the diameter started to decrease
less than 60 s after the ventilation gas was switched to 100 % oxygen. After about
360 s of oxygen breathing, the full vasocostriction effect was reached and the vessel
diameter remained constant until the end of the experiment. A similar behavior
can be observed for the phase shift, which is proportional to the blood flow velocity
(cf. Eq. (3.74)), as well as for the blood flow (see Fig. 4.27 e)).

The change from baseline of the vessel diameter, the blood flow velocity and the
blood flow was calculated for every OCT measurement time point, and then averaged
for all six animals. The resulting mean values ± SD are plotted in Fig. 4.28. In this
graph, it is clearly visible that the velocity decrease is far more distinct than the
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decrease of the venous diameter. After 600 s of oxygen breathing, a vasoconstriction
of (13.2± 5.2) %, a blood flow velocity reduction of (42.9± 5.3) % and a decrease in
blood flow of (56.7± 7.6) % can be observed.

It should be mentioned that in some rats, the eyes dried out sooner than in the other
animals, which resulted in a blurry fundus image and a bad OCT signal. This issue
was mostly related to scratches on the animals’ corneas and to unusually long animal
preparation times. In case of blurry fundus images, the DVA software had problems
measuring the correct vessel diameter and misleadingly detected an increase of the
vessel diameter with ongoing drying-out of the rat eye. If this was the case, the eye
had to be moisturized with Hylo-Comod during the ongoing measurement; this had
to be done carefully, so as not to move the animal and unintentionally change the
measurement position. Also, the formation of a large drop on the eye’s cornea had
to be avoided, since this might change the eye’s refractive power, also leading again
to wrong vessel diameters, or even to different Doppler angles and thus to distorted
phase-shift values.

4.4.3 Vasodilation measurements

The second experiment set that was conducted to test the single beam OCT system’s
ability to measure relative changes in the retinal blood flow were flicker light induced
vasodilation measurements.

Experiment protocol

The ventilation gas and the VF of the test animals remained constant for the whole
experiment. After positioning the rat in front of the measurement system and prior
to the data acquisition, the RVA light as well as the ambient light were turned off
for 10 min to let the animal’s eyes adapt to the darkness. Then, the RVA light
was switched on and the rat’s position was fine adjusted. Subsequently, the vessel
diameter measurement via the DVA and the first blood velocity measurement via
the OCT system were started. This moment was defined as zero time point of the
measurement (see Fig. 4.29). The light adaption phase lasted for 60 s, after which the
RVA light was switched off to let the rat adapt to darkness again for 3 minutes. Two
OCT measurements were recorded during the darkness adaption phase at the total
time points 80 s and 200 s. The DVA system acquired data continuously throughout
the measurement, although it could not measure vessel diameters while the RVA
light was switched off. After the darkness adaption phase, a diffuse flicker light
with a flicker frequency of 12 Hz was activated for 60 s and applied via the RVA’s
illumination path. An OCT measurement was recorded 20 s after the start of the
flicker phase, at the time point 260 s. Then the flicker was turned off and the rat eye
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Figure 4.29: Experiment protocol of the flicker light induced vasodilatation measure-
ments (derived from a figure already published by the author [65]).

was illuminated with constant RVA light for 60 s. An OCT measurement was taken
at the time point 320 s. This light adaption phase was followed by another darkness
adaption phase lasting 3 minutes, during which the last two OCT measurements
were recorded at the time points 380 s and 500 s.

The ambient light remained turned off for the whole experiment to avoid possible
degradation of the expected flicker light induced vasodilation effect.

Results

Fig. 4.30 shows the flicker light induced increase in the vessel diameter, the phase
shift (proportional to the blood flow velocity), as well as the blood flow of one test
animal. The DVA could not detect vessel diameters during the darkness adaption
phases, as it needs the RVA light to acquire the fundus images that are required
for the vessel diameter determination by the RVA4.16 software. Consequently, no
blood flow values could be calculated for the dark phases. However, since the OCT
system uses infrared light, blood velocity data could also be acquired during the
dark phases. During the first light and the first darkness adaption phase, the blood
flow velocity basically remained constant. Immediately after the onset of the flicker
stimulus, the vessel diameter (see the blue curve in Fig. 4.30) started to increase and
reached its peak value a few seconds afterwards, whereupon the diameter decreased
again approximately half the value of its increase. An even higher increase due to
the flicker light can be observed in the vessel’s blood flow velocity (red squares) and
in its blood flow (green circles). Throughout the light adaption phase following the
flicker stimulus, vessel diameter, blood velocity and blood flow decreased slightly, but
stayed elevated compared to the values from the first light adaption phase. During
the second darkness adaption phase of the experiment, the blood flow velocity values
went down to almost baseline conditions (the values measured during the first light
adaption phase).

The changes from baseline in vessel diameter (blue diamonds), blood flow velocity
(red squares) and blood flow (green circles) were averaged for the four animals on
which the experiment was conducted, and the mean values ± SD are displayed
in Fig. 4.31. The increase in the averaged venous vessel diameter was very small,
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Figure 4.30: This figure shows flicker light induced changes in vessel diameter D, phase
shift ∆φ and thus blood flow velocity, as well as in the blood flow Q (derived
from a figure, already published by the author [65]).

Figure 4.31: Relative changes of diameter (blue diamonds), blood flow velocity (red
squares), and blood flow (green circles) due to flicker light stimulation.
The datapoints represent the mean values ± SD of the large retinal veins
measured in 4 animals.
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merely (3.2± 2.4) % at the peak value during the flicker stimulation; after the flicker
stimulation, the vessel diameter decreased until it reached baseline values again. As
mentioned above, the diameter values could not be determined during the darkness
adaption phases. The averaged velocity value showed no change from baseline during
the darkness adaption phase. However, in contrast to the averaged vessel diameter,
the averaged velocity showed a much more pronounced increase of (28.1± 18.9) %
during the flicker stimulation. In agreement with the vessel diameter’s behavior,
the blood flow velocity decreased during the subsequent light adaption phase, but
still remained elevated compared to its baseline. Throughout the following second
darkness adaption phase the mean velocity values decreased further, nearly reaching
baseline conditions. The averaged blood flow shows an even higher increase of
(36.2± 15.2) % due to flicker light stimulation; just like the flow velocity, the blood
flow also decreased during the second light adaption phase, but remained elevated
in comparison to its baseline.

4.4.4 Discussion

As already mentioned in section 2.5, several methods exist, which are capable of
measuring the retinal blood flow. The Doppler OCT technique was chosen for the
experiments conducted in the course of this work, as it is a very versatile method,
capable of acquiring structural images (even 3D data-sets), as well as blood flow
velocity information via the phase difference tomograms. Furthermore, depending
on the measurement position, several blood vessels can be measured at once, in
contrast to e.g. the LDV technique. In addition, it is possible to measure vessel
diameters using the OCT amplitude or phase images, but as previously mentioned in
the sections 4.1.3 and 4.3.2, the identification of the rear vessel wall can be difficult
due to shadowing and multiple scattering. Using the phase image to extract the
blood vessel width may lead to a velocity dependent underestimation of the vessel
diameter, since the velocities close to the vessel wall are below the OCT system’s
minimum detectable velocity [46]. Additionally, the vessel diameter measurement
via OCT images is limited by the system’s axial resolution. In order to avoid these
limitations of the vessel diameter measurement via OCT and due to the fact that
the vessel diameter enters into the blood flow calculation with the second order, a
commercial fundus camera (DVA rodent, Imedos), which has a resolution of up to
0.1 µm (see section 4.1.3), was combined with the OCT system.

The main limitation of the blood flow measurement via the Doppler OCT method, is
its sensitivity to sample motion, which was negligible in the experiments described in
this thesis due to the fact that only anesthetized animals were measured. However,
in human measurements this limitation can be problematic, since it is likely that
patients will move their eyes or even their heads unintentionally during the OCT
data acquisition. Two common solutions for the eye motion problem in human
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4 Measurement of large retinal vessels using Doppler OCT

experiments are firstly to keep the measurement time as short as possible, and
secondly to use a fixation target on which the patient has to stare without blinking
for the whole data acquisition time. Furthermore, the patient’s head can be strapped
to the head rest in order to minimize unintentional head movements.

The experiments described in section 4.4.2 show a vasoconstriction and a reduc-
tion in the retinal blood flow due to hyperoxia, which is induced by 100 % oxygen
breathing. Changes in retinal blood flow, triggered by hyperoxia, have already been
investigated in the rat by several other studies, using different measurement meth-
ods, e.g. magnetic resonance imaging [80] and scanning laser Doppler flowmetry [81].
Both of these studies reported a reduction in the retinal blood flow of about 25 %.
Another study that used a dye dilution technique, measured a decrease in retinal
blood flow of about 62 % [82]. The latter value, as well as the decrease in the venous
blood flow of (56.7± 7.6) % that was presented in section 4.4.2 of the work at hand,
are in good agreement with the results from human experiments, which range from
36 % – 60 % [83–88].

One reason to use hyperoxia for testing the OCT system’s capability of measuring
changes in the rat’s retinal blood flow was the generally known pronounced decrease
in vessel diameter, blood flow velocity and blood flow due to 100 % oxygen breathing.
The fact that these regulatory responses to hyperoxia are disturbed early in diabetes
[11], is another reason to study hyperoxia in animals, even though it is currently not
known which mechanisms are responsible for these reduced regulatory responses to
hyperoxia [89, 90].

The second set of experiments, described in section 4.4.3, used flicker light as stim-
ulus to induce a change in the retinal blood flow. The flicker light stimulation leads
to an increased neural activity in the retina, and thus to an increase in the retinal
blood flow (hyperemia) to satisfy the heightened metabolic demands of the active
tissue. This coupling between increased neural activity and hyperemia is called
neurovascular coupling [91–93]. The retinal flicker response was measured using dif-
ferent techniques, namely laser speckle flowgraphy [94, 95], fluorescent microspheres
[96], retinal vessel diameter assessment [97] and Doppler OCT [98]. The results
of the flicker light experiments, conducted in the course of the work at hand (see
section 4.4.3), show that the main part of the flicker light induced blood flow in-
crease of (36.2± 15.2) % comes from the increase in retinal blood flow velocity of
(28.1± 18.9) %, while the venous vasodilation effect of (3.2± 2.4) % was only minor.
Garhöfer et al. [99] came to the same conclusion with data from human experiments.
They measured an increase in retinal blood flow of about 60 %, while the vasodila-
tion was in the range of 3 % – 5 %. Therefore, it is reasonable to propose that the
bigger part of the retinal response to flicker light occurs in form of vasodilation in
the small arterioles, as they are the major sites of resistance to blood flow [99].

Studying the response of the retinal blood flow to flicker light stimulation is inter-
esting, as this flicker response is reduced in early diabetes [12]. By inhibition of
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inducible nitric oxide synthase (iNOS) with aminoguanidine, the disturbed flicker
response of diabetic rats can be restored to normality, which agrees with the fact
that iNOS inhibitors slow down the progression of diabetic retinopathy [97].
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circulation using Doppler OCT

As mentioned in the explanation of the velocity range of the single beam OCT system
in section 4.1.5, blood flow velocities as low as vmin = 1.8 mm/s could be detected
for a Doppler angle of 85◦, using the Doppler OCT technique described in chapter 4.
Doppler angles closer to 90◦ yield higher minimum detectable velocities, e.g. vmin =
8.8 mm/s for a Doppler angle of 89◦. However, their small diameters of about 5µm
[100] lead to quite slow blood flow velocities inside the retinal capillariesi, which are
in the range of 0.5 − 2 mm/s [101–105]. Consequently, the retinal microcirculation
cannot be assessed using the OCT method described in the previous chapter.

The inspection of Eq. (3.74) reveals that lower vmin can be achieved by increasing
the time period τ between the two A-scans, which is used for the calculation of
the phase difference. Zotter et al. [106] showed that a time span of τ = 2.5 ms
is an appropriate value to assess the retinal microcirculation via Doppler OCT.
Inserting this value into Eq. (3.74) yields vmin = 0.2 mm/s for a Doppler angle of
89◦. Higher τ values lead to more phase noise and make the method even more
motion sensitive [106], since there is simply more time for potential movements of
the sample eye. In case of much too high τ values for the measured velocity range,
the phase data will be uncorrelated, as a scatterer measured at a certain position
will have completely moved past this position after the time τ has passed, so that
the consecutive measurement detects a different scatterer, which will lead to random
phase fluctuations.

The easiest way to achieve a time span of τ = 2.5 ms between two consecutive
A-scans is to simply use a slower A-scan rate, i.e. to have the scanner move the
sample beam to the next position only after 2.5 ms. However, this way, a single
B-scan consisting of 1000 A-scans would take 2.5 s and the acquisition of one OCT
measurement including 100 B-scans would require about 4 min. This approach is too
time consuming for in vivo experiments, even though the animals are anesthetized.
During the 4 min or more of data acquisition, the sample eye would most likely start

iThe blood flow velocities in the retinal capillaries are in the same range for mice, rats, cats
and humans [101–105].
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to dry out and thus develop small injuries (superficial keratopathy) on the surface
of the cornea by the end of the measurement, which would gradually degrade the
image quality of the ongoing measurement. Just for comparison: the acquisition of
100 B-scans with τ = 57 µs (this τ was used for the measurements in chapter 4)
takes only a few seconds, hence all 100 B-scans have approximately the same image
quality.

Another method to realize a period of τ = 2.5 ms and hence be able to assess the
retinal microcirculation, is to use a much faster A-scan rate, such that a whole B-
scan can be recorded in 2.5 ms. Thereafter, the phase tomograms of the consecutive
B-scans can be subtracted line by line to calculate the phase difference tomogram
that contains the velocity information of the retinal capillaries. This method requires
ultra fast line cameras, since a framerate of 400 B-scans/s is needed to achieve a time
span of τ = 2.5 ms between two consecutive B-scans [107]. It should be mentioned
that the possible number of A-scans per B-scan depends on the camera speed, and
consequently higher A-scan numbers require faster camerasii.

Two approaches capable of assessing the retinal microcirculation using the consec-
utive B-scan technique but operating at lower imaging speeds were realized in the
form of two different measurement systems, and will be described in the following
(see sections 5.1 and 5.2). In these cases, the 20 kHz line camera from the OCT
setup described in chapter 4 suffices, eliminating the need for an ultrafast camera.

5.1 The dual beam OCT method

One option to achieve a time difference of a few ms between two consecutive B-scans
without ultra high speed cameras is to use two sample beams from two separate
interferometers that are scanned over the exact same sample position at different
times [106, 108, 109]. The time delay τ between two B-scans recorded by both
interferometers at the same position can be controlled via a constant offset among
both sample beams (see Fig. 5.1). An OCT setup with two separate interferometers
will be presented in the following section.

5.1.1 Experimental dual beam OCT setup

The dual beam OCT setup that will be described in this section, is based on a
system for optical micro-angiography measurements that was introduced by Zotter
et al. [106]. Several adaptions were made to enable measurements of rat eyes and

iiUsing the mentioned framerate and τ , an A-scan number of e.g. 1000 A-scans per B-scan would
require a camera speed of 400 kHz.
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Figure 5.1: Illustration showing two sample beams with a fixed offset ∆x scanning over
a sample tissue.

to allow for the coupling of the OCT system with a DVA rodent system (see section
4.1.3). A schematic drawing of the dual beam setup’s interferometers is shown in
Fig. 5.2. Although it is shown as a black box in the illustration, the RVA is combined
with the dual beam OCT system in the same way as was done with the single beam
OCT system (see section 4.1.3). In contrast to the setup by Zotter et al. [106], the
system that was built in the course of the work at hand uses only one light source
for both interferometers (see Fig. 5.2).

The light source, the set-up and functionality of the spectrometers as well as the
system parameters of the dual beam OCT system are identical with those explained
in section 4.1. In addition, the interferometers of the dual beam setup are almost
the same as the one of the single beam setup (see 4.1.2). There are only a few
differences in the setup of the reference arm and the sample arms, which will be
described in the following.

Interferometers

The light entering the setup through the fiber collimator FC1 is split into two beams
by the 50:50 beam splitter BS1, as illustrated in Fig. 5.2. The resulting partial
beams are then split again by the 50:50 beam splitters BS2 and BS3 of the two
interferometers.

Both reference beams pass their own NDF and are then combined by BS4 and share
the same reference arm, which includes the following optical components: a DC, the
mirrors M6, M7 and the reference mirror M8. To avoid any cross-talk between the
reference beams from the two interferometers, they are adjusted approximately 5 mm
apart from each other, so that they cannot couple into the wrong fiber collimator.
The reference beam of the first interferometer (continuous red line in Fig. 5.2) double
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Figure 5.2: Schematic drawing of the dual beam OCT setup’s interferometers. SLD =
super luminescent diode, FC = fiber collimator, BS = beam splitter, M =
mirror, NDF = neutral density filter, DC = dispersion compensation, L =
lens, RVA = retinal vessel analyzer.

passes the reference arm and is coupled into FC2. The backreflected reference beam
of the second interferometer (dashed red line in Fig. 5.2), on the other hand, is
coupled into FC3. Each of the two fiber collimators FC2 and FC3 is connected to a
spectrometer via a single mode fiber, as can be seen in the photograph of the setup
in Fig. 5.3.

In contrast to the combined reference arms, the two sample arms are completely
separated. The sample beam of the first interferometer is illustrated in Fig. 5.2
as continuous red line passing the following optical components: the beam splitter
BS2, the mirrors M1, M2, the galvo-scanner (cf. fast and slow scanning mirror in
Fig. 5.2), the lenses L1, L2 and the sample. The second interferometer’s sample
beam is indicated as dashed line passing BS3, M3, M4, M5, the galvo-scanner, L1,
L2 and the sample. The mirrors M3 and M4 are mounted on a translation stage,
which can be manipulated to change the second sample arm’s length. Since the
setup has only one reference arm, it is necessary to ensure that both sample arms
have an identical length, or else it is not possible to acquire two identical depth
profiles (A-scans) at the same sample position at different time points using two
separate interferometers. Furthermore, the mirror M5 is mounted on a rotational
stage, which is fixed upon an x-y translation stage. Thus, the angle between the
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Figure 5.3: Photograph of the complete dual beam setup including both spectrometers.

two sample beams can be changed by rotating or moving M5. For reasons explained
in the section on the adjustment, the mirror M5 was, at some point, replaced by
another beam splitter BS5, which was mounted in the same way as M5 (see the
photograph in Fig. 5.3).

In order to avoid cross talk between the two interferometers, a glass plate was
inserted between BS1 and BS3. The optical path of the light passing through the
glass plate is longer than the optical path between BS1 and BS2, i.e. sufficient glass
between BS1 and BS3 ensures that the beams arriving at BS2 and BS3 are not
coherent anymore. Thus, the two sample beams cannot interfere with each other,
and there will be no cross talk between the two interferometers.

Adjustment

To calculate a phase difference tomogram from two consecutive B-scans, recorded by
two separate interferometers, both sample beams have to scan over the exact same
sample position but with a constant temporal delay in the fast scanning direction,
which can be varied by changing the angle between the two sample beams via M5
(or BS5). It proved to be difficult to get M5 close enough to sample beam 1 without
shadowing parts of the same. Hence, M5 was replaced by another beam splitter BS5
(see Fig. 5.3), even though this reduced the beam power of both sample beams by
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Figure 5.4: Scanning geometry of both sample beams. a) Both sample beams are re-
flected off the same point of the fast axis galvo-scanner. b) The beams’
paths through the lens system while scanning is performed: the pivot-point
of the fast axis scanner is in the second pupil plane P’, which coincides with
the focal point of L1 (adapted from [21]).

50 %. However, it allowed positioning both beams as close together as needed to
achieve the desired offset of 2.5 ms or 44 A-scans, since the acquisition of one A-scan
took 57 µs.

The sample beams were adjusted to be reflected off the same point on the pivot-axis
of the fast scanning mirror, as shown in Fig. 5.4 a). The pivot-point of the fast axis
scanner coincides with the focal point of L1, therefore both beams can pivot in the
pupil plane of the sample eye (see Fig. 5.4 b)). If one of the sample beams is not
directed onto the fast axis scanner’s pivot-point, the motion of the scanning mirror
will induce a phase shift in the signal that is measured by this sample beam.

Additionally, the spectrometers need to be adjusted carefully, so that they record
identical spectra if they are connected to the same interference signal. Ideally, the
CCD cameras of both spectrometers should have a pixel to pixel correspondence,
which means that the wavelength λn should be imaged on the n-th pixel of both
spectrometers’ CCD cameras. A slight translational shift of one camera with respect
to the other camera along the CCD array’s length leads to λn being imaged on the
(n + δn)-th pixel of the misaligned camera, which results in a shift of the recorded
spectrum with respect to the other one. Subsequently, this leads to a phase shift of
the Fourier transformed A-scan, which is proportional to the spectral shift and the
sample layer depth [110].

To achieve a pixel to pixel correspondence in both spectrometers, an interference
signal was split using a 50/50 fiber splitter and the resulting partial signals were
connected to the two spectrometersiii. Afterwards, the spectrometers were manually
adjusted by changing the position and the rotation of the first spectrometer’s CCD

iiiAt this point, the two independent spectrometers have already been aligned optimally.
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camera, so that both spectra looked exactly the same on the A-scan spectra display of
the data acquisition program (see Fig. 4.16 upper left display). Once the matching
of the two spectra could not be improved any further by manual adjustment of
spectrometer one, the rescaling parameters of channel one, which correspond to
the newly aligned CCD camera, were varied for fine adjustment. After that, each
interferometer was connected to its own spectrometer. Thereafter, the reference arm
was blocked out and the interference signal between the backside of a microscope
glass slide and a mirror mounted directly after the glass slide on a translation stage
was used for the next fine adjustment step, since this setup yielded a dispersion-
free interference signal. Then, the length difference between mirror and the glass
slide was set close to zero, and afterwards, to a larger length difference leading to a
higher interference modulation frequency. At both settings, the rescaling parameters
of channel one were changed in such a way that the spectrum acquired by CCD1
matched the one recorded by CCD2. This is a very time-consuming procedure.

5.1.2 Why is the dual beam setup not usable in practice?

As already mentioned in section 5.1.1, both interferometers of the dual beam setup
share the same reference arm. Therefore, the two sample beams need to have exactly
the same length. The second sample beam’s length can be varied by manipulating
the translation stage, on which the mirrors M3 and M4 are mounted (see Fig. 5.2
and Fig. 5.3). The adjustment of the second sample arm’s length with respect
to the length of the first sample arm is extremely sensitive, and thus, very time-
consumingiv. Furthermore, this has to be done for every test animal, as the eye
lengths vary slightly from rat to rat. In addition, the eye of one animal will almost
never be exactly at the same distance to the RVA lens, as the eye of the previous
animal, and a changed distance between eye and RVA lens will also introduce a
length difference between the two sample arms.

Even though the dual beam system works in principle, the sample arm adjustment
procedure is simply too time consuming to be used for in vivo experiments. This
is due to the fact that the anesthesia cannot be prolonged indefinitely and even if
the eyes are moistened constantly, they will eventually dry out. Consequently, the
cornea will develop superficial injuries during long experiment times. An unclear
cornea reduces the measurement quality gravely and it will degrade even further
with ongoing measurement time, until it becomes impossible to acquire any useful
data.

For these reasons, another technique using the simpler single beam OCT system but
a more complicated scanner motion will be described in the following section.

ivIt can take several hours until both sample arms have virtually the same length.
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5.2 Segmented B-scan method to assess microcir-

culation

The segmented B-scan method is another option to achieve a time difference of
τ = 2.5 ms between two consecutive B-scans, and thus, to assess the retinal microcir-
culation, without the need of ultra high speed cameras. Also, it can be implemented
into a single beam OCT system, which can be adjusted much faster and easier than
the afore mentioned dual beam setup. Consequently, only the sample arm of the
first interferometer, and thus, the first spectrometer of the dual beam setup, which
was described in section 5.1.1, were used for the experiments in the sections 5.3 and
5.5.

5.2.1 Description of segmented scanning

The segmented B-scan method that will be described in the following is based on
the work of Grulkowski et al. [111]. The idea here is to acquire a certain number of
consecutive B-scan segments consisting of several A-scans instead of whole consecu-
tive B-scans, which also works well for CCD cameras with lower acquisition speeds
of e.g. 20 kHz. The time difference between two consecutive segments can be varied
by changing the number of A-scans per segment.

A segmented B-scan requires a more complex scanning protocol (see Fig. 5.5) than
the one normally used for a B-scan in OCT (see Fig. 4.15). As shown in Fig. 5.5
a), there is a small saw-tooth on the rising ramp of the scanner function. A closer
inspection of this small saw-tooth (see Fig. 5.5 b)) reveals that the fast scanning
mirror moves constantly in one direction for a certain time, which is referred to as one
B-scan segment. Then, the scanning mirror “jumps” back half the way, thereafter
follows another B-scan segment. This is repeated several times to acquire an entire
segmented B-scan (see Fig. 5.5 a)). The two red lines in Fig. 5.5 b) indicate the
second half of a B-scan segment as well as the first half of the subsequent B-scan
segment, and they represent the same scanning position at different time points. The
two data-sets that are recorded at this position starting at the time points A and
B, respectively, can be subtracted from each other to calculate the corresponding
phase difference half B-scan segment. The time period between the starting points
A and B was set to τ = 2.5 ms, this value can be changed via the number of A-scans
per B-scan segment.

To achieve the time period of τ = 2.5 ms, one B-scan segment was set to 4.1 ms or
72 A-scans, as the acquisition of an A-scan takes 57µs. Consequently, the red line
in Fig. 5.5 b) corresponds to 36 A-scans (half the B-scan segment). Considering
that the galvo-scanner requires some time to move back half a B-scan segment, this
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Figure 5.5: a) Saw-tooth scanner function of the fast axis galvo-scanner of one segmented
B-scan; the segments are shown as small saw-tooth on scanner function’s
rising ramp. b) Close-up of two adjacent scanning segments. The red lines
indicate that the sample beam is scanned exactly over the same sample
position, staring at the different time points A and B.

backwards movement was set to 8 A-scans. Hence, 44 A-scans are recorded between
the time points A and B (see Fig. 5.5 b)), which takes approximately 2.5 ms. The
settings that were used for the experiments described in section 5.5 were 26 B-scan
segments, and thus, 25 backward “jumps” of the galvo scanner per segmented B-
scan, which sums up to 2072 A-scans. The second half of the last B-scan segment
is not needed for the calculation of the phase difference B-scan, hence, only 2036
A-scans need to be recorded. Therefore, the CCD camera (Atmel, AViiVA M2
CL 2014) is sufficient to acquire such segmented B-scans, as it is able to record a
maximum of 2048 lines during one scan. After those 2048 lines the memory of the
camera board is full and the data need to be copied to the PC’s memory.

The post processing steps between the read out of the saved spectral data and the
Fourier transformation of the the rescaled and dispersion compensated spectra have
already been described in section 4.3.2. In the subsequent step, the first half B-
scan segments (see Fig. 5.5 b, the red line starting at A) are separated from their
corresponding consecutive B-scan segments (see Fig. 5.5 b, the red line starting at
B), which results in two amplitude and two phase tomograms (see Fig. 5.6 b), c)) that

102



5 Assessment of the retinal microcirculation using Doppler OCT

Figure 5.6: The images a) - e) were created using the adjacent A-scan method (see
section 4.3.2), for better visualization of the steps between the acquired seg-
mented B-scan a) and the calculated phase difference tomogram f). However,
actually, the raw phases of the unthresholded Fourier transformed data were
used to calculate the phase difference tomogram f). Image b) consists of
the half B-scan segments (see red lines in Fig. 5.5 b)) that were acquired at
first, where image c) is composed of the consecutive half B-scan segments.
The removal of the fast axis scanner’s backward “jumps” yields the images d)
and e). A histogram based linewise motion correction of the phase difference
tomogram f) finally gives image g).
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were recorded at the same position with a time difference of τ = 2.5 ms. Thereafter,
the fast axis scanner’s backward “jumps” are removed from the tomograms (the same
is done for the amplitude tomograms). Calculating the difference of the resulting
tomograms (see Fig. 5.6 d), e)) yields the phase difference tomogram, displayed
in Fig. 5.6 f). Furthermore, it should be mentioned that a threshold with respect
to the combined consecutive amplitude tomogram, which is calculated from the
corresponding segmented B-scans’ amplitude tomograms is applied to the phase
difference tomogram, before it is displayed on the front panel.

Since the technique described in this section is capable of measuring very low veloc-
ities, naturally, it is more susceptible to sample motions and system vibrations than
the conventional Doppler OCT method, as can be seen in Fig. 5.6 f). Consequently, a
histogram based motion correction was implemented in the post processing Labview
program, in order to remove those motion artifacts, as done by Zotter et al. [106].
In the following, this motion correction method will be explained shortly: at first,
it has to be assumed that more static tissue than capillaries is observed, and that
there are no motion or vibration induced phase changes along a single A-scan, i.e. all
phase changes along a single A-scan are due to moving red blood cells. Furthermore,
the histogram for each A-scan of the phase difference tomogram is calculated and
should reveal global phase shifts between the consecutive B-scans in the current A-
scan. Then, the histograms’ maximum values are subtracted from each pixel of the
phase difference tomogram’s corresponding A-scans. Applying this motion correc-
tion to the phase difference tomogram that is shown in Fig. 5.6 f), gives the motion
corrected tomogram displayed in Fig. 5.6 g), which is then saved to the HDD.

5.3 In vitro experiments using the segmented B-

scan method

The segmented B-scan method had to be tested thoroughly in several in vitro tests,
before it was used to assess the retinal microcirculation in living animals, as not to
sacrifice any test animals unnecessarily.

5.3.1 Artificial eye

The first in vitro test was the measurement of an artificial eye, which is basically
a lens that focuses the sample beam onto a static piece of paper with lines drawn
onto itv. Even though, a static sample does not induce any phase shifts in the sam-

vThe areas with the drawn lines absorb more light of the sample beam than the blank pa-
per. Consequently, these areas appear shadowed in the OCT tomograms. An example with two
shadowed areas is shown in Fig. 5.7.
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Figure 5.7: This figure shows a segmented phase difference B-scan of the artificial eye
before a) and after b) linewise motion correction.

ple beam, the segmented phase difference tomogram that is displayed in Fig. 5.7 a)
shows strong phase shifts, which occurred during the 2.5 ms between the consecutive
B-scan segments. As already mentioned in section 5.2.1, these phase shifts can be
explained by vibrations of the static sample, as well as by vibrations of the inter-
ferometer’s optical components. The motion correction, which has been explained
in the previous section, is capable of removing these vibrations (at least in a static
sample), so that one gets the motion corrected phase difference tomogram that is
displayed in Fig. 5.7 b). As expected, the motion corrected segmented phase differ-
ence tomogram of a static sample has no phase shifts whatsoever, and thus, appears
greenish-yellowish in the false color phase display.

However, by the use of a pneumatic dampening system for the optical table, on
which the OCT setup is built-on, the phase shifts due to the setup’s vibrations can
be reduced considerably, as can be seen in Fig. 5.8.

Figure 5.8: This figure shows two segmented phase difference B-scans of the artificial
eye that were recorded at the same position, one before a) and one after b)
the activation of the pneumatic dampening system.

5.3.2 Rotating disk

In the second in vitro test of the segmented B-scan method, the sample beam was
scanned over the surface of a rotating cardboard disk. This is in contrast to the
rotating disk experiment that was described in section 4.2.1, where the disk was
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Figure 5.9: The rotating cardboard disk was measured with the segmented B-scan
method with a time difference of 1.5 ms, at several different rotation speeds.
The phase difference tomograms a)-d) correspond to four different disk ro-
tation speeds.

illuminated with a static sample beam. However, it was difficult to quantify the
results of these measurements, as the velocities varied over one B-scan due to the
scanning of the sample beam over the disk surfacevi. Additionally, the velocity
information in the phase difference tomogram was overlain with phase shifts that
were induced by the system’s vibrations, even though, the pneumatic dampening
was activated. Furthermore, the motion correction could not be used to remove these
vibrations, as it would also have removed the desired phase shifts corresponding to
the disk rotation. Nevertheless, it can be seen in Fig. 5.9 that increasing rotational
disk speeds result in higher phase shifts, where Fig. 5.9 a) corresponds to the lowest
and Fig. 5.9 d) to the highest disk velocity of the four displayed measurements.
The phase difference tomogram Fig. 5.9 c) shows phase wrapping of a few B-scan
segments, while Fig. 5.9 d) shows phase wrapping of all B-scan segments.

viThe rotating disk’s tangential velocity vdisk, its longitudinal velocity component vdisk,L (see
Fig. 4.11), and thus, the detected phase shift equal zero at the center of the rotating disk, and
increase with the radius to the measurement point. Consequently, a B-scan recorded by scan-
ning the sample beam over the rotating disk in a straight line yields lower phase shifts for the
lines corresponding to scanning positions with smaller radii, and higher phase shifts for the lines
corresponding to scanning positions with larger radii.
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5.3.3 Glass capillary

In order to simulate a retinal vessel, a glass capillary was measured using the seg-
mented B-scan method. The were only two differences between this experiment and
the one described in section 4.2.2: firstly, a segmented scanning protocol (cf. Fig. 5.5)
was used to acquire OCT data, and secondly, lower flow velocities in the capillary,
ranging from 0 mm/s to 1.8 mm/s, were set. The Doppler angle between sample
beam and glass capillary is approximately 85◦ and it was unclear how accurate the
syringe pump would be at flow rates below 1 mm/s. Therefore, a time difference be-
tween two consecutive B-scans of τ = 1 ms was used, to be able to measure velocities
of up to 1.8 mm/s without encountering any phase wrapping artifactsvii.

Even with turned off syringe pump, sample movements were visible in the phase
difference tomograms (see Fig. 5.10), which were supposedly due to Brownian move-
ments of the fat globules in the milk water dilution in the glass capillary. This theory
is supported by the fact that the Brownian movements can have velocities of up to
1 mm/s [112, 113].

Figure 5.10: Segmented B-scan of a capillary, filled with a milk-water-dilution. The flow
velocity of the sample fluid was zero, as the syringe pump was switched off.

However, after unwrapping the capillary data, using a low threshold, the unwrapped
capillary tomograms of the segmented B-scan stack were averaged and the capillary’s
mean phase shift was calculated (cf. blood vessel evaluation in section 4.3.2). Doing
this for different flow velocities, yielded a linear relationship between the velocities in
the capillary and the calculated mean phase values of the averaged segmented B-scan
stacks, which can be seen in Fig. 5.11. The syringe pump was quite inconsistent at
low velocities and did over and under shoot the set velocities, which is one possible
explanation for the outliers at 0.5 mm/s and at 1 mm/s. Additionally, the detected
phase shifts are overlain with system vibrations that cannot be removed by the
motion correction, as it would also remove the phase shift, induced by the flow
velocity of the sample fluid. Due to these overlain vibrations and the unwrapping of

viiFor τ = 2.5 ms and a Doppler angle of 85◦, it is only possible to detect velocities of up to
0.7 mm/s without phase wrapping.
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Figure 5.11: In this plot, the mean phase difference values, calculated from the seg-

mented B-scan stacks of one capillary measurement, respectively, are plot-
ted over the velocity vcap. inside the glass capillary.

the Brownian motions, the phase shift values do not go down to zero, or at least to
the phase noise, for vcap. = 0 mm/s. Nevertheless, the calculated mean phase shift
values are highly linear correlated to the actual velocity vcap. inside the capillary
(see Fig. 5.11; the correlation coefficient was calculated to be 0.9738).

These results confirm the segmented B-scan method’s capability of measuring flow
velocities as slow as the blood flow velocities actually occurring in the retinal capil-
laries (0.5− 2 mm/s, [101–105]), at least inside a glass capillary.

5.4 New data evaluation

As already mentioned at the beginning of this chapter, the retinal capillaries have
diameters in the range of 5 µm [100], thus, they have sizes of a few pixels, or even
of single pixels in the calculated phase difference tomograms, while they cannot be
seen in the amplitude tomograms. Therefore, the vessel evaluation method that is
described in section 4.3.2 cannot be used to evaluate blood flow velocity changes
in the retinal microcirculation. Consequently, a new evaluation method had to be
developed, which will be described in the following.
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Figure 5.12: This image presents a screenshot of the Labview image registration pro-
gram. The controls at the top can be altered to change the appearance of
the structures that can be drawn into the upper phase or amplitude image.
The upper displays show a phase difference tomogram and its correspond-
ing amplitude tomogram of one segmented B-scan, while the two lower
displays show phase difference and amplitude tomogram of the subsequent
segmented B-scan.

5.4.1 Histogram based evaluation method

The segmented phase difference tomograms of an OCT measurement are calculated
as explained in section 5.2.1, afterwards, they are saved to the HDD. Before these
phase images can be evaluated any further, they need to be registered, in order to
remove shifts in z in x-axis (axial or transversal to the sample beam) between two
adjacent phase difference images. These small translational shifts can mostly be
reduced to respiration induced movements of the test animal’s head.

At first an automatic phase image registration via the program “ImageJ” was at-
tempted, however, this approach did not provide the desired accuracy and sometimes
did even worsen the problem. Therefore, a Labview program for manual image reg-
istration was written in the course of this work. A screenshot of this program is
presented in Fig. 5.12. The registration program loads the phase difference image
and the corresponding amplitude image of a segmented B-scan into the upper two
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Figure 5.13: Image a) shows an averaged segmented phase difference tomogram of an
OCT measurement. Between the two large vessels, an ROI has been se-
lected by red and green cursors. The histogram calculated from this ROI
is displayed in image b).

displays, and the phase difference as well as the amplitude image of the subsequent
segmented B-scan into the two lower displays. For better visual comparison, struc-
tures like dots, circles and poly lines can be drawn into the upper phase or amplitude
display, and are then visible in all four displays. The tomograms in the two lower
displays can be shifted in x or z direction, with respect to the upper images, via
the cursor keys. Once the shift is compensated, the changes can be saved directly
to the opened file by hitting the space-bar. Thereafter, the program loads the next
image pair. This procedure is repeated until the end of the segmented B-scan stack
is reached. If the motion correction did not remove all sample motion artifacts in
one phase difference tomogram, every pixel of the whole phase image could be set
to −100, and thus be excluded from the averaging in the next evaluation step, by
pressing the delete key before saving the changes.

Afterwards, all registered phase difference images of a whole segmented B-scan stack
are averagedviii, and an ROI for the histogram calculation is selected via four cursors,
as shown in Fig. 5.13 a). Then, a histogram of all datapoints in this ROI, except for
the ones with −100 values, is calculated (see Fig. 5.13 b)). In order to get a smoother
histogram without using a large histogram bin width, which would decrease the
accuracy of the FWHM, eight histograms with slightly shifted origins of bins are
averaged [40, 77]. Thereafter, the FWHM of the averaged histogram is calculated
to quantify changes in the histogram width.

viiiAll −100 values are excluded from the averaging process, as they would severely distort the
pixel mean values of the resulting averaged phase difference image, due to the fact that all original
phase values are in the range of ±π.
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5.4.2 Histogram simulation

As shown in Eq. (3.74), the measured phase difference ∆φ is proportional to the
velocity of the moving red blood cells. Therefore, one can say that the FWHM of the
histogram, which is calculated from the chosen ROI of the average phase difference
tomogram, corresponds to the mean blood flow velocity within the capillaries that
are supplying the tissue under study and to the random phase noise of the OCT
system. Hence, an increase of the blood flow velocities within the capillaries under
study will lead to a broadening of the histogram, while a decrease of their blood
flow velocities will lead to a narrowing of the histogram. However, this correlation
can only hold true, if a sufficient high number of datapoints in the chosen ROI,
correspond to retinal capillaries.

For further investigation of the relationship between the histogram width and the
change of the blood flow velocities in the retinal capillaries, a simulation program
was written in Labview. The program creates a phase image with a Gaussian noise
pattern similar to the one of a living animal, which results in a histogram width of
FWHMnoise ≈ 0.16 rad. Furthermore, by changing the variable n, it can be chosen
how many percent of the available datapoints are replaced by velocity values of the
simulated capillaries. Additionally, the velocity range as well as the Doppler angle
range have to be set before the simulation can be started. To quantify the actual
change of the histogram width due to the velocities in the capillaries, the difference
between the FWHM of the histogram corresponding to the set velocity range and
the noise histogram was calculated:

∆FWHM = FWHMvel. − FWHMnoise. (5.1)

The results of a simulated B-scan with six different numbers of simulated capillaries
(six different n settings) in the chosen ROI, at five different maximum capillary
velocities, are plotted in Fig. 5.14. As can be seen, this relationship becomes more
linear with increasing n. This effect is understandable, as for a low number of cap-
illaries, many pixels with random phase noise will contribute to the histogram, and
thus, the histogram’s broadening due to the velocities in the relatively small number
of capillaries will be marginal. It should be mentioned that for the simulation, whose
results are presented in Fig. 5.14, it was assumed that the simulated capillaries are
all in one layer that is almost perpendicular to the sample beam. Thus, a Doppler
angle range between 89◦ and 91◦ was chosen for the simulation.
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Figure 5.14: Results of the evaluated simulated microcirculation data. n indicates how
many of the available datapoints in the evaluated ROI correspond to sim-
ulated capillaries.

5.5 In vivo measurements of the retinal microcir-

culation

In order to test whether the segmented B-scan method (see section 5.2.1) in com-
bination with the histogram based data evaluation (see section 5.4.1) is capable
of measuring relative changes in the blood flow velocities of retinal capillaries, a
hyperoxia experiment similar to the one presented in section 4.4.2 was conducted.

For the in vivo experiments described in this section, a measurement position in-
cluding one major retinal vein and one major retinal artery was chosen to be at a
distance of about one to two diameters of the optic disk from the ONH. The area
between the large vessels was used to assess the retinal microcirculation, while the
large retinal veins were evaluated, to be able to verify the oxygen induced blood flow
decrease in the measured animal, and compare the results to the microcirculation
data.

The microcirculation data were evaluated as described in the sections 5.2.1 and 5.4.
For the evaluation of the large vessels, the tomograms consisting of the first half
B-scan segments (see section 5.2.1 and Fig. 5.6 for explanation) were used. The
following calculation of the phase difference tomograms, as well as the blood vessel
evaluation were done exactly as described in section 4.3.2.
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A segmented phase difference tomogram consists of N = 900 lines and has a geo-
metric width of d ≈ 1 mmix. Inserting these values together with the systems lateral
resolution δx = 11.3 µm (see section 4.1.5) into Eq. (4.23) yields an oversampling
factor of OF ≈ 10. Each OCT measurement that was recorded to assess the retinal
microcirculation, contains 100 consecutive segmented B-scans, so that possible flow
irregularities due to heart beat related pulsatility are averaged out.

5.5.1 Animal preparation

The study was performed following the statement for the use of animals in oph-
thalmic and vision research of the association for research in vision and ophthalmol-
ogy (ARVO) and was approved by the ethical committee for animal experiments of
the Medical University of Vienna.

Eight male Sprague-Dawley rats with a body weight of 350 g to 400 g were used for
the in vivo measurements. Anesthesia was induced with an intraperitoneal injection
of 100 mg/kg ketamine and 5 mg/kg xylazine. The rats were intubated and venti-
lated with oxygen, air and 1.5 % – 2 % isoflurane, at a VF of 70/min, to maintain
deep anesthesia. Furthermore, 3 mg/kg piritramide were applied subcutaneously for
analgesia. To control the depth of the anesthesia, blood pressure and heart rate were
monitored continuously. The right eye of each test animal was used for the measure-
ments. In order to prevent the animal’s eyes from drying-out and to maintain good
imaging quality, the eye under study was continuously moistened with hyaluronic
acid containing eye drops (Hylo-Comod, 1 mg/ml sodium hylauronat; Ursapharm,
Saarbrücken, Germany). After completion of the experiments the animals were
euthanized via a lethal injection of pentobarbital.

5.5.2 Experiment protocol

After the animal preparation that was described in the previous subsection, the
animals were ventilated with ambient air for 10 min, using a constant VF (baseline
conditions). Thereafter, the ventilation gas was changed to 100 % oxygen for another
10 min. At the end of the air breathing phase, as well as the oxygen breathing phase,
three OCT measurements were recorded, each consisting of 100 segmented B-scans.
The acquisition of a single segmented B-scan took 16 s. If necessary (e.g. due to bad
signal quality, or clearly visible eye movements), a second hyperoxia experiment was

ixA segmented B-scan contains 26 B-scan segments, each consisting of 72 A-scans, and the
scanner “jumps” back, half a B-scan segment, 25 times (see section 5.2.1). This yields N =
26 · 72 − 25 · 36 = 972 A-scans at a geometric width of d = 1.1 mm. Since the first and the last
half B-scan segment are not used for the phase difference calculation, the resulting phase difference
tomogram has only N = 900 A-scans, which corresponds to a geometrical width of d ≈ 1 mm.
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Figure 5.15: Phase images illustrating the oxygen induced blood flow velocity reduction
in the retinal microcirculation of one rat. Both shown phase tomograms
were averaged over a 100 segmented B-scan phase difference tomograms
recorded at the same retinal position during the air breathing phase a) and
after 10 min of 100 % oxygen breathing b), respectively.

conducted in the same animal, after a pause of at least 10 min, in which the animal
was ventilated with 1.5 l/min ambient air and 0.8 l/min oxygen. After completion
of all experiments and OCT measurements the animals were sacrificed. In every
test animal, three additional OCT measurements were recorded 10 min after death.
The animals eyes were moistened constantly, and in contrast to the vasoconstriction
experiment described in section 4.4.2, they were also moistened during the whole
air and oxygen breathing phase, especially shortly before each OCT measurement.

5.5.3 Results

The averaged phase difference tomograms, of an in vivo hyperoxia microcirculation
experiment of one animal, which were acquired using the segmented B-scan method,
are shown in Fig. 5.15. The left image (see Fig. 5.15 a)) was calculated from a
dataset that was recorded during the air breathing phase, while the right image (see
Fig. 5.15 b)) was calculated from a dataset, recorded at the same position during the
oxygen breathing phase. Magnifications of the areas inside the dashed rectangles
are displayed below the corresponding averaged phase difference tomograms. By
comparing these two magnified phase image ROIs, one can see a decrease in the
blood flow velocities of the retinal capillaries, where the values corresponding to
the measurements recorded during the air breathing phase (see Fig. 5.15 a)) are
higher than the ones corresponding to the measurements acquired during the oxygen
breathing phase (see Fig. 5.15 b)).

The histograms shown in Fig. 5.16 (red bars and blue envelope curves) were cal-
culated from the ROIs (indicated by dashed rectangles) of the averaged phase dif-
ference tomograms, which are depicted in Fig. 5.15. Furthermore, the histogram
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Figure 5.16: Phase histograms calculated from the ROIs in Fig. 5.15, where a) corre-
sponds to the air breathing phase and b) to the oxygen breathing phase.
The black curve and FWHMdeath correspond to the data recorded after the
animal’s death. Thus, FWHMdeath is in the range of the system’s phase
noise histogram’s width. The calculation of ∆FWHM can be found in
Eq. (5.2).
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corresponding to the averaged phase difference tomogram of a measurement that
was recorded after the animal’s death is plotted as black curve in Fig. 5.16 a) and
b). As done for the histogram simulation in section 5.4.2, the ∆FWHM was used
to quantify relative changes of the histogram width. The ∆FWHM is indicated in
Fig. 5.16 and calculates as follows (cf. Eq. (5.1)):

∆FWHM = FWHMin-vivo − FWHMdeath, (5.2)

where FWHMin-vivo represents the FWHMs of the histograms corresponding to the
data that were recorded during the air breathing phase as well as after 10 min
of 100 % oxygen breathing. FWHMdeath stands for the FWHM of the histogram
corresponding to the data acquired after the test animal’s death and is, thus, in the
range of the phase noise (∆φavg

err = 0.18 rad). The mean FWHMin-vivo and the mean
FWHMdeath of one animal experiment are shown in Fig. 5.17.

As expected, the oxygen breathing induced reduction of the blood flow velocities
in the retinal capillaries leads to a narrower histogram than the data recorded dur-
ing the air breathing phase (see Fig. 5.16). Similar results were obtained for all
eight test animals, and the ∆FWHM was used as measure for the histogram widths.
However, in three animals no reasonable FWHMdeath could be acquired, by reason
of bad imaging quality, which was probably due to the drying-out of the sample eye,
as a consequence of too long experiment durations. Hence, the FWHMdeath values of
the other five animals were averaged, which yielded FWHMdeath = (0.16± 0.02) rad.
This value was used for the calculation of the ∆FWHMs of the three animals, in
which no reasonable FWHMdeath could be acquired. As can be seen the FWHMdeath

range is very narrow, hence it might be possible to use this value for future exper-
iments, so that it is not necessary to sacrificed every test animal to get a baseline
value. This approach should of course be investigated in further experiments before
using it in a new study.

Afterwards, the changes from baseline of the blood flow velocities in the capillaries as
well as in the large retinal vessels were calculated for every test animal. Thereafter,
the change from baseline values of all eight rats were averaged, and the resulting
mean values± SD are represented in Table 5.1 and Fig. 5.18, respectively. Compared
to the baseline values, a decrease in the mean blood flow velocities of (48.2± 9.9) %
for the microcirculation and (38.2± 14.3) % for the large vessels can be observed
after 10 min of ventilation with 100 % oxygen.

The blood flow velocity value within the large retinal vessel of animal # 4 was
excluded from the calculation of the average change from baseline in the large retinal
vessels (see Table 5.1). This was necessary, since no reasonable change from baseline
value could be calculated, as a consequence of a small movement of the sample eye,
which resulted in a change of the Doppler angle between the sample beam and the
measured vessel. Given that there was only a change in the Doppler angle but
hardly any alteration of the scanning position on the retina, this did scarcely effect
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Figure 5.17: The exemplary results of one animal experiment are plotted in this graph.
Every datapoint represents the mean FWHM ± SD of at least three his-
tograms, calculated from as many different OCT measurements. From
left to right: the first datapoint corresponds to the air breathing phase
(baseline conditions), the second datapoint corresponds to the data that
were recorded after 10 min of oxygen breathing and the last datapoint cor-
responds to the measurements, which were performed after the animals
death.

Table 5.1: Relative changes in blood flow velocity due to oxygen breathing, as compared
to base line conditions (air breathing) in the retinal micro vessels as well as
in large retinal vessels. The blood flow velocity of animal # 4 is not shown in
the table and was not included in the calculation of the mean value (see text
for explanation).

Animal #
change from baseline [%]

microcirculation large vessels

1 -60.2 -57.0
2 -56.5 -47.7
3 -36.7 -18.8
4 -46.7 –
5 -53.4 -23.2
6 -31.1 -32.0
7 -49.1 -50.3
8 -52.0 -38.6

mean ± SD -48.2 ± 9.9 -38.2 ± 14.3
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Figure 5.18: In this graph, relative changes in the mean blood flow velocities of the reti-
nal microcirculation (red circles) and of large retinal veins (black squares)
from baseline conditions, due to ventilation with 100 % oxygen, are plotted
over the measurement time. The datapoints represent the mean changes
from baseline ± SD of all 8 animals.

the histogram based microcirculation evaluation. One possible explanation for this
behavior is the fact that the two retinal capillary layers consist of countless micro
vessels, which are randomly oriented in many different directions, therefore, a change
of the Doppler angle would not make much of a difference, if looking at a region
including a large number of capillaries.

5.5.4 Discussion

As mentioned in connection with the histogram simulation in section 5.4.2, the rela-
tionship between the blood flow velocities in the retinal capillaries and the ∆FWHM
of the histogram corresponding to these capillaries is only linear if almost all of the
pixels in the evaluated cross-sectional areax correspond to capillaries (see Fig. 5.14).
Consequently, this relation will most likely be non-linear for a real in vivo mea-
surement, since in that case less than 100 % of the datapoints will correspond to a
capillary. In order to calculate the actual relationship between ∆FWHM and the
velocities in the retinal capillaries, it would be necessary to know the exact number
of datapoints corresponding to capillaries in the ROI under study, which cannot

xThe evaluated cross-sectional area is the chosen ROI of the averaged phase difference tomo-
gram, from which the histogram and subsequently the ∆FWHM is calculated.
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be determined using the method that is presented in the work at hand. However,
it is still true that the histogram broadens with increasing blood flow velocities
in the capillaries, which is sufficient for the detection of relative velocity changes.
Therefore, the results of the previously described in vivo experiments in eight ani-
mals are comparable with each other, assuming that the different test animals had
comparable capillary densities at similar measurement positions.

A major drawback of the microcirculation assessment and evaluation method de-
scribed in section 5.2 is the need for post mortem measurements to calculate the
histogram width FWHMdeath of the OCT system’s phase noise for in vivo mea-
surements. One possibility to overcome this limitation is the measurement of the
system’s phase noise using the consecutive A-scan method (see section 4.3). If
the evaluated retinal cross-sectional area contains only capillaries and no large ves-
sels, and if the time period τ between two adjacent A-scans is sufficiently short
(e.g. τ = 57 µs, or shorter), the slow blood flow velocities in the capillaries cannot
be detected. Thus, the resulting histogram width is in the range of the OCT system’s
phase noise, and, consequently, in the range of the histogram width corresponding
to the data that can be acquired post mortem via the segmented B-scan method
(see section 5.2). However, further experiments should be conducted to investigate,
which τ values have to be used for the consecutive A-scan method to achieve similar
phase noise histogram widths as the ones corresponding to the post mortem data
that are acquired using of the segmented B-scan method.

Another limitation of the segmented B-scan OCT method is its sensitivity to sample
motion, which is a common problem for Doppler OCT techniques. However, as
already mentioned in section 4.4.4, the sample motion artifacts were minimal in
the experiments conducted in the course of this work, as the test animals were
anesthetized during the measurements.

Regrading the experimental results, the results of the hyperoxia experiment de-
scribed in section 5.5 show a decrease of the blood flow velocities in the retinal
capillaries of (48.2± 9.9) %, which fits the velocity decrease of (38.2± 14.3) % in
the corresponding large retinal veins (see Table 5.1 and Fig. 5.18). Furthermore,
these results are in very good agreement with the outcome of the vasoconstriction
experiment described in section 4.4.2.

Cheng et al. [114] used a laser speckle technique to assess the retinal perfusion and
measured an oxygen induced decrease of 20 % – 30 % in the whole retinal blood flow
(capillaries and large vessels) of rats. On the other hand, as already mentioned in
section 4.4.4, the results of hyperoxia experiments in humans show oxygen induced
blood flow decreases ranging from 36 % – 60 % [83–88]. Hence, the values, describing
the oxygen induced decrease in retinal blood flow, that were acquired in the course of
this work (microcirculation and large vessels) are closer to the results of the human
experiments than the values presented by Cheng et al. [114].

119



5 Assessment of the retinal microcirculation using Doppler OCT

One possible explanation for the lower oxygen induced decrease in the retinal perfu-
sion determined by Cheng et al. [114] is the fact that they used the relatively short
time period of 3 min for the ambient air and the oxygen breathing phase before mea-
suring the animals’ blood flow. The previously mentioned human studies, as well as
the work at hand, used longer time periods at baseline conditions and especially for
the oxygen breathing phase, which might explain the more pronounced hyperoxia
effect.

A few other methods exist that allow assessing capillaries noninvasively. An ap-
proach used by Srinivasan et al. [24] is based on an OCT angiography technique
that is capable of measuring the total retinal blood flow in the large retinal vessels.
However, this method can only qualitatively assess the retinal capillaries in form of
angiography maps. Zhi et al. [115] used a similar method to measure changes in
the retinal perfusion due to increased IOP. It should also be mentioned that Srini-
vasan et al. [116] and Lee et al. [117] introduced two different OCT angiography
based methods, which are capable of measuring the velocities in the capillaries of
the cerebral cortex.

It is interesting to study changes of the blood flow velocities in the retinal micro-
circulation, as the oxygen exchange between blood and retinal tissue mainly occurs
in the capillaries. Therefore, it would be desirable to measure abnormalities in the
retinal microcirculation even more precise than done in the course of this thesis,
so that these abnormalities can be detected before retinal tissue is damaged due to
insufficient blood and consequently oxygen supply.
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6 Conclusion

In this thesis, a Fourier-domain Doppler OCT system combined with a dynamic
vessel analyzer was developed in order to measure relative blood flow changes in
large retinal vessels of the rat eye. Furthermore, a method to detect changes of
the blood flow velocities in the retinal capillaries using the same OCT system was
developed.

The measurement system’s functionality was tested by performing in vitro experi-
ments before any in vivo measurements were conducted. The blood flow values of
the large retinal vessels were calculated from the vessels’ blood flow velocities, which
were acquired using the OCT system, and from the vessel diameters, which were
measured simultaneously using the integrated dynamic vessel analyzer.

In the first set of in vivo experiments, the vasoconstriction effect of large retinal
vessels due to oxygen breathing was studied in six test animals, yielding a vasocon-
striction of (13.2± 5.2) %, a blood flow velocity reduction of (42.9± 5.3) % and a
decrease in blood flow of (56.7± 7.6) %. Thereafter, the flicker light induced va-
sodilation of large retinal vessels was investigated in four additional test animals,
in which a vascular dilatation of (3.2± 2.4) %, a blood flow velocity increase of
(28.1± 18.9) % and an increase in blood flow of (36.2± 15.2) % was observed. The
results of both sets of experiments are in good agreement with the values from earlier
human studies.

Not only the blood flow in large retinal vessels was determined, however: a fur-
ther objective was to measure the blood flow in the retinal microcirculation. Before
assessing the velocities in the retinal capillaries, it was necessary to develop Lab-
VIEW post processing and data evaluation programs to extract the microcirculation
information from segmented B-scans. Additionally, the system’s ability to measure
low flow velocities (as low as they occur in retinal capillaries) was tested by means
of in vitro experiments before any animal was measured. Subsequently, relative
blood flow velocity changes in the microcirculation due to oxygen breathing were
measured in eight test animals. These experiments showed a decrease in the mean
blood flow velocities of the retinal capillaries of (48.2± 9.9) %, which is in excellent
agreement with the results of the large vessels’ vasoconstriction experiments that
were mentioned in the previous paragraph.
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6 Conclusion

In summary, a small animal OCT system designed for the measurement of the retinal
perfusion was developed and methods for the assessment of the retinal microcircula-
tion were realized. Both the measurement system and the assessment methods were
tested in vivo in rat eyes and showed promising results. The techniques developed
in the course of this thesis have considerable potential to study ocular diseases in
animal models, and thus, help gaining a deeper understanding of ocular diseases and
their underlying perfusion disturbances, so that possible treatment strategies may
be developed and tested.
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7 Outlook

The measurement of blood flow changes in large retinal vessels and of blood flow
velocity changes in the retinal capillaries with the OCT setup that was developed
in the course of this thesis showed promising results in healthy rat eyes.

However, the data evaluation could be accelerated considerably by full automation
of the vessel search program as well as the image registration program for the micro-
circulation data. The development of a fully automated image registration program
could be useful for both the evaluation of large vessels, as well as for the registration
of mircrocirculation tomograms.

Regarding the OCT setup, it might be a better approach to have the test animal
lying on its side, so that the eye under study faces upwards, while the DVA and the
OCT system’s sample arm can be moved around to reach the desired measurement
position instead of moving the animal. However, this approach would require a fiber
based interferometer.

In order to be less sensitive to sample motion in future experiments, the data ac-
quisition time of the OCT system needs to be shortened. This can be achieved by
higher A-scan rates of just a few µs per A-scan. Therefore, the usage of a faster
CCD camera in the OCT system’s spectrometer is planned. Having an A-scan rate
of e.g. 2.5 µs per A-scan will reduce the eye motion problem in the microcirculation
measurements dramatically, as the acquisition of 100 B-scans consisting of 1000 A-
scans each will only require 250 ms in contrast to the 16 s it takes with the system
described in chapter 5. Furthermore, no segmented scanning will be needed to use
the consecutive B-scan method, due to the fact that it will be possible to record
a whole B-scan consisting of 1000 A-scans in 2.5 msi. In addition, high speed data
acquisition will allow recording a whole 3D data-set with e.g. 100 A-scans per slow
scanning axis position. Thus, it will be possible to calculate the histogram of an av-
eraged volume instead of only one averaged cross-sectional image. Besides, a faster
line camera will enable the measurement of the high blood flow velocities in retinal
arteries close to the ONH.

iZotter et al. [106] showed that 2.5 ms is an appropriate time period between two consecutive
A-scans, to assess the retinal microcirculation via Doppler OCT.
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7 Outlook

In order to gain a deeper understanding of the correlation between the disturbed
retinal perfusion and the pathological mechanisms underlying the ocular diseases,
it is necessary to use eye disease models and not only healthy rat eyes. Thus, our
group has already begun with experiments that use rats with artificially elevated
IOP as a model for glaucoma.

In conclusion there is potential for improvement in the measurement system, the
data acquisition and the post-processing software; nevertheless important accom-
plishments were achieved in the course of this thesis: an OCT system capable of
measuring blood flow changes in large retinal vessels as well as a measurement
method for the assessment of the retinal microcirculation in rat eyes were devel-
oped. Both the OCT system and the microcirculation assessment method were
successfully tested in vitro as well as in living animals.

It remains to be hoped that the findings of this thesis will contribute to the develop-
ment of treatment methods for ocular diseases and will help to prevent irreversible
blindness.
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A.1 Coherence

A.1.1 Relation: coherence time and spectral width

The following mathematical derivation of the relation between spectral width and
coherence time can also be found in [50].
The quasi monochromatic light of a source is split into two beams using a Michelson
interferometer setup (see Fig. 3.1). After double passing the interferometer arms
the two beams interfere with each other and have gained a path length difference
∆L = zR−zSn . If both optical paths have a nearly equal length, distinct interference
fringes are formed in the detector plane. An increasing ∆L results in a decreasing
visibility of the interference fringes and they eventually disappear. This phenomenon
can be explained by the assumption that light from a real source is not strictly
monochromatic, but rather consists of wave trains of finite length. A large number
of these wave trains pass at random time intervals during the time required to
make an observation. Furthermore, we define that F (t) is a light disturbance at
the observation point P at the time t of a single wave train. F (t) is assumed to be
zero for |t| ≥ t0, where t0 is the half duration time of the wave train, and can be
expressed as Fourier integral

F (t) =

∞∫
−∞

f(ν)e−2πiνtdν, (A.1)

and by the Fourier inversion theorem

f(ν) =

∞∫
−∞

F (t)e2πiνtdt. (A.2)
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During the time required for an observation, N such wave trains pass the point P ,
and hence, the total observed light disturbance can be written as

V (t) =
N∑
n=1

F (t− tn), (A.3)

where tn stands for the arrival times of the wave trains. The light intensity averaged
over the observation time 2T is

I =
1

2T

T∫
−T

|V (t)|2 dt ∼ 1

2T

∞∫
−∞

|V (t)|2 dt, (A.4)

if T is large compared to the half duration time t0 of each wave train. Similar to
the equation (A.1) one can define

V (t) =

∞∫
−∞

v(ν)e−2πiνtdν, (A.5)

and using (A.2) on (A.3) yields

v(ν) =
N∑
n=1

∞∫
−∞

F (t)e2πiν(t−tn)dt = f(ν)
N∑
n=1

e2πiνtn . (A.6)

by using the Parseval’s theorem

∞∫
−∞

|F (t)|2 dt =

∞∫
−∞

|f(ν)|2 dν, (A.7)

one gets

∞∫
−∞

|V (t)|2 dt =

∞∫
−∞

|v(ν)|2 dν =

∞∫
−∞

|f(ν)|2
N∑
n=1

N∑
m=1

e2πiν(tn−tmdν. (A.8)

Looking closer at the double sum gives
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N∑
n=1

N∑
m=1

e2πiν(tn−tm) = N +
∑
n6=m

e2πiν(tn−tm)

= N +
∑
n<m

e2πiν(tn−tm) +
∑
n>m

e2πiν(tn−tm)

= N +
∑
n<m

e2πiν(tn−tm) +
∑
n<m

e2πiν(tm−tn)

= N +
∑
n<m

[
e2πiν(tn−tm) + e−2πiν(tn−tm)

]
.

(A.9)

using the relation eix+e−ix

2
= cosx yields

N∑
n=1

N∑
m=1

e2πiν(tn−tm) = N + 2
∑
n<m

cos(2πν(tn − tm)). (A.10)

Since, the tn’s in the double sum are randomly distributed, there is an equal prob-
ability for each cosine term to be positive or negative. Therefore, the cosine term
vanishes for large N and the double sum results in N . Inserting this result in (A.8)
and then in (A.4), one gets

I =
N

2T

∞∫
−∞

|f(ν)|2 dν. (A.11)

Thus, the light intensity is proportional to the integral of the intensities i(ν) =
|f(ν)|2 of the monochromatic components that are forming a single wave train.
The relation between the frequency range, over which the Fourier components have
appreciable intensities, and the duration of the wave trains can be shown by a
simple experiment. We assume that all wave trains have the duration ∆tc and F (t)
is periodic with the frequency ν0 during ∆tc

F (t) =

{
f0e−2πiν0t when |t| ≤ ∆tc

2

0 when |t| > ∆tc
2
,

(A.12)

and f0 is a constant. Inserting (A.12) in (A.2) gives
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Figure A.1: Intensity distribution [sin(π(ν − ν0)∆tc)/(π(ν − ν0)∆tc)]
2.

f(ν) = f0

∆tc
2∫

−∆tc
2

e2πi(ν−ν0)tdt

= f0

[
eiπ(ν−ν0)∆tc − e−iπ(ν−ν0)∆tc

2iπ(ν − ν0)

]
= f0∆tc

[
sin(π(ν − ν0)∆tc)

π(ν − ν0)∆tc

]
(A.13)

where the relation eix−e−ix

2i
= sinx was used. The intensity distribution of the Fourier

components of equation (A.12) is given by [sin(π(ν − ν0)∆tc)/(π(ν − ν0)∆tc)]
2, which

is shown in Fig. A.1. Appreciable intensity values can be found in the frequency
interval ν0 − ∆ν

2
≤ ν ≤ ν0 + ∆ν

2
. The first zero occurs at ν − ν0 = ± 1

∆tc
, thus, it is

obvious that

∆ν ∼ 1

∆tc
(A.14)

This equation tells us that the effective frequency range of the Fourier spectrum is
of the order of the reciprocal of the duration of a single wave train ∆tc, which is
also known as coherence time.
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A.1.2 Spectral width and relative spectral width

Figure A.2: Gaussian power spectrum and its spectral line width δν. ν0 is the center
frequency of this power spectrum.

The spectral bandwidth of a light source or rather a light beam δν = |ν1 − ν2|
(ν represents the frequency), is defined as the FWHM of the power spectrum of
this light beam; as illustrated in Fig. A.2. It is also common to write the spectral
bandwidth as angular frequency δω = 2πδν or as wave length interval δλ = |λ1 − λ2|.
Knowing the relation λ = c/ν, where c stands for the speed of light, one can write

δλ = − c

ν2
δν

δλ = −λ
ν
δν

δλ

λ
= −δν

ν
.

(A.15)

This leads to the conclusion that the relative spectral width is the same in all
notations

∣∣∣∣δλλ
∣∣∣∣ =

∣∣∣∣δνν
∣∣∣∣ =

∣∣∣∣δωω
∣∣∣∣ . (A.16)

Therefore the spectral bandwidth can also be written as

129



Appendix

∆ν

ν
=

∆λ

λ

∆ν =
∆λ · ν
λ

=
∆λ · c
λ · λ

= c · ∆λ

λ2

1

∆ν
=

1

c
· λ

2

∆λ
.

(A.17)

A.1.3 FWHM of a Gaussian function

An arbitrary Gaussian function is defined as:

f(x) = a · e−
(x−b)2

2d2 (A.18)

To fit the case in section 3.1.2 equation (3.10) we make the assumption that a = 1
and b = 0, and we pull the factor 2 in the denominator of the exponent into the
constant d2, which yields

f(x) = e−
x2

d2 . (A.19)

To get the maximum of the Gaussian function, equation (A.19) has to be differen-
tiated

d

dx
f(x) = f ′(x) = −2x

d2
· e−

x2

d2 (A.20)

and evaluated at the postition x = 0, which yields f ′(0) = 0. Knowing the position
of the maximum and inserting it in equation (A.19) results in f(0) = 1. Accordingly,
the half maximum has to be 1/2 and one gets

f(x) = e−
x2

d2 =
1

2

−x
2

d2
= ln

1

2
= ln 1− ln 2 = − ln 2

x2 = ln 2 · d2

x1,2 = ±
√

ln 2 · d.

(A.21)

The FWHM is the difference between x1 and x2:

130



Appendix

∆xFWHM = |x1 − x2|

=
∣∣∣√ln 2 · d+

√
ln 2 · d

∣∣∣
= 2
√

ln 2 · d.

(A.22)

To calculate the FWHM of the Gaussian self coherence function [51]

|Γ(τ)| ∝ exp

[
−
(
π∆ν

2
√

ln 2
τ

)2
]
, (A.23)

equation (A.22) can be rewritten to

∆xFWHM

d
= 2
√

ln 2. (A.24)

Considering that the FWHM of the coherence function Γ(τ) can be defined as the
coherence time ∆tc, and using (A.24) on (A.23) results in

∆xFWHM

d
=

π∆ν

2
√

ln 2
∆tc = 2

√
ln 2

∆tc =
4 ln 2

π∆ν
.

(A.25)

A.2 Linear approximation of the wavelength to

pixel correlation and rescaling of the spectra

A.2.1 Linear approximation of the relationship between λx
and x

As mentioned in section 4.1.4, the wavelength λx of a light beam, diffracted by the
spectrometer’s grating, is related to the distance x, between the center of the CCD
array and the position, on which the light beam is focused. This relation (cf. 4.9)

λx = g ·
(

sinφ+ sin

[
ψc + arctan

(
x

f

)])
(A.26)

is non-linear, thus, the distribution of wavelengths on the camera pixels is not en-
tirely equidistant. This non-linear behavior of Eq. (A.26) can be investigated by
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means of a Taylor expansion:

λx ≈ g ·

(
sinφ+ sinψc ·

[
1− 1

2

(
x

f

)2

+ ...

]
+

+ cosψc ·
(
x

f

)[
1− 1

2

(
x

f

)2

+ ...

])

= g ·

(
sinφ+ sinψc + cosψc

(
x

f

)
− sinψc

2

(
x

f

)2

−

− cosψc
2

(
x

f

)3

+ ...

)
.

(A.27)

A detailed explanation of the mathematical steps between Eq. (A.26) and Eq. (A.27)
is given by Doblhoff-Dier [21]. Due to the fact that the focal length of the camera
lens f is longer than half the length of the CCD array, x

f
is small and terms of the

order 2 or higher can be disregarded, thus one gets

λx ≈ g ·
(

sinφ+ sinψc + cosψc

(
x

f

))
. (A.28)

To check how much this linear approximation (A.28) deviates from the exact relation
between λx and x (A.26), the maximum wavelength λxmax that is still imaged on the
CCD array is calculated with both equations. As mentioned in section 4.1.4, the
grating constant g = 1

1200
mm, the angle of the incident beam φ = 30◦ and the angle

of diffraction, of light beams with the central wavelength of 841 nm, ψc = 30.6◦.
Inserting this parameters, along with half the length of the CCD array xmax =
14.34 mmii and the focal length of the camera lens f = 100 mm, into Eq. (A.26) and
Eq. (A.28) yields

λexact
xmax

= 938.39 nm,

λapprox
xmax

≈ 943.73 nm,
(A.29)

respectively. Hence, the error that is made when using the linear approximation is
very small ∆λxmax = 0.57 % and can be compensated in the rescaling process.

A.2.2 Rescaling of the spectra

As stated in Eq. (A.28), the position on the CCD array is correlated linearly with the
wavelength of the arriving light beam. Hence, every CCD pixel records a different
wavelength, as the pixels correspond to different positions on the CCD array, i.e. in
FDOCT the spectra are recorded in λ-space.

iiThe CCD array of the AViiVA M2 CL 2014 line camera has 2048 pixels with 14× 14 µm each.
Thus, half of the array has a length of 14.34 mm.
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However, FDOCT measures the depths of the reflecting sample layers via the os-
cillation frequencies in the interference signal (see section 3.3). In order to gain
the depth information of the sample layers these oscillation frequencies have to be
Fourier transformed. Before doing so the data have to be converted in frequency-
space (also known as k-space or 1

λ
-space). However, since the spectra are recorded

in λ-space, the datapoints are not regularly spaced in k-space, as it is reciprocal
to the λ-space. To describe measured object structures correctly, the calculated
intensity values have to be equidistant in the position-space (z-space). Therefore,
the spectra need to be rescaled, so that they already have equidistant datapoints in
k-space before the Fourier transformation [118]. Furthermore, equidistant datapoins
are required to use a fast Fourier transform (FFT) algorithmiii.

The rescaling process is described graphically in Fig. A.3, for wavelengths that are
linearly distributed in λ-space. The indices i (see the blue bars in Fig. A.3) represent
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Figure A.3: Graph showing the rescaling process in λ-space, as well as in k-space. Indices
i describe the pixel numbers on the CCD array and hence are linear in
lambda-space. i need to be rescaled to the indices inew (or in in this graph),
which are linear in k-space [21].

the numbers of the CCD pixels, each recording a certain wavelength. i are hence
linear in λ-space (according to the approximation described by Eq. (A.28)), and
consequently non-linear in k-space. j on the other hand represent the corresponding
indices that are linear in k-space and non-linear in λ-space (see the orange bars in
Fig. A.3).

iiiTo Fourier transform non-linear data, a discrete Fourier transform (DFT) algorithm can be
used, but none of these algorithms are as efficient as FFT algorithms in terms of computing time.
However, data sets with uneven spacing of datapoints have to be rescaled, in such a way that they
have an equidistant datapoint distribution in k-space, to be transformed by an FFT algorithm
[119].
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In order to get datapoints that are linearly distributed in k-space, the indices i
have to be rescaled to inew, which are linear in k-space, as shown at the bottom of
Fig. A.3.

Mathematical description of the rescaling process

A mathematical derivation of the afore mentioned rescaling process is given in the
following, and can also be found in Baumann[118] and Doblhoff-Dier [21]. However,
it is only applicable for datapoints that are equidistant in λ-space.

As described in section 4.1.4, each wavelength λi is imaged onto a different position
and hence a different CCD pixel i of the spectrometer’s line camera. Since the line
camera’s CCD array has N pixel, i ∈ [0, N−1]. Thus, the minimum wavelength λmin

that is still detectable by the spectrometer, is imaged onto the pixel i = 0, while the
maximum detectable wavelength λmax is imaged onto the pixel i = N − 1. Dividing
the interval [λmin, λmax] into N equal steps 1

N−1
(λmax − λmin), one can write

λi = λmin +
i

N − 1
(λmax − λmin) . (A.30)

A similar relation that is equidistant in the reciprocal k-space can be formulated,
with kmin ∝ 1

λmax
and kmax ∝ 1

λmin
:

kj = kmin +
j

N − 1
(kmax − kmin)

=
1

λmax

+
j

N − 1

(
1

λmin

− 1

λmax

)
.

(A.31)

To put λi in the correct reciprocal relation with kj, which are equidistant distributed
in k-space, a new set of indices inew (see Fig. A.3, bottom) that are interpolated
between the original integer indices i, has to be introduced:

1

λinew

= kj

1

λmin + inew

N−1
(λmax − λmin)

=
1

λmax

+
j

N − 1

(
1

λmin

− 1

λmax

)
.

(A.32)

Reducing the right side of this equation to a common denominator and taking the
reciprocal of the whole equation yields

λmin +
inew

N − 1
(λmax − λmin) =

(N − 1) · λmax · λmin

(N − 1) · λmin + j · (λmax − λmin)
. (A.33)

Solving this equation for inew gives

inew =
N − 1

λmax − λmin

·
(

(N − 1) · λmax · λmin

(N − 1) · λmin + j · (λmax − λmin)
− λmin

)
(A.34)
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Reducing the expression in the brackets to a common denominator and simplifying
the equation results in

inew =
(N − 1) · (N − 1− j)
N − 1 + j · (λmax

λmin
− 1)

. (A.35)

Defining q = λmax

λmin
finally gives

inew =
(N − 1) · (N − 1− j)
N − 1 + j · (q − 1)

. (A.36)

This equation describes the relation between the index of interpolation inew of the
datapoints in λ-space and a certain index j of the datapoints in k-space.
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[110] Erich Götzinger, Michael Pircher, and Christoph K. Hitzenberger. High
speed spectral domain polarization sensitive optical coherence tomography
of the human retina. Optics Express, 13(25):10217–10229, 2005. doi:
10.1364/OPEX.13.010217.

[111] Ireneusz Grulkowski, Iwona Gorczynska, Maciej Szkulmowski, Daniel Szlag,
Anna Szkulmowska, Rainer A. Leitgeb, Andrzej Kowalczyk, and Maciej Wo-
jtkowski. Scanning protocols dedicated to smart velocity ranging in spectral
OCT. Optics Express, 17(26):23736–23754, 2009. doi: 10.1364/OE.17.023736.

[112] Tongcang Li, Simon Kheifets, David Medellin, and Mark G. Raizen. Measure-
ment of the instantaneous velocity of a Brownian particle. Science, 328(5986):
1673–1675, 2010. doi: 10.1126/science.1189403.

[113] Simon Kheifets, Akarsh Simha, Kevin Melin, Tongcang Li, and Mark G.
Raizen. Observation of Brownian motion in liquids at short times: Instan-
taneous velocity and memory loss. Science, 343(6178):1493–1496, 2014. doi:
10.1126/science.1248091.

[114] Haiying Cheng, Yumei Yan, and Timothy Q. Duong. Laser speckle imaging
of rat retinal blood flow with hybrid temporal and spatial analysis method.
Proceedings of SPIE, 7163:716304, 2009. doi: 10.1117/12.809906.

146

http://dx.doi.org/10.1371/journal.pone.0089679
http://dx.doi.org/10.1364/OE.19.001217
http://dx.doi.org/10.1364/OL.35.001467
http://dx.doi.org/10.1117/12.831867
http://dx.doi.org/10.1364/OE.19.001271
http://dx.doi.org/10.1364/OPEX.13.010217
http://dx.doi.org/10.1364/OE.17.023736
http://dx.doi.org/10.1126/science.1189403
http://dx.doi.org/10.1126/science.1248091
http://dx.doi.org/10.1117/12.809906


Bibliography

[115] Zhongwei Zhi, William Cepurna, Elaine Johnson, Hari Jayaram, John Morri-
son, and Ruikang K. Wang. Evaluation of the effect of elevated intraocular
pressure and reduced ocular perfusion pressure on retinal capillary bed filling
and total retinal blood flow in rats by OMAG/OCT. Microvascular Research,
101:86–95, 2015. doi: 10.1016/j.mvr.2015.07.001.

[116] Vivek J. Srinivasan, Harsha Radhakrishnan, Eng H. Lo, Emiri T. Mandev-
ille, James Y. Jiang, Scott Barry, and Alex E. Cable. OCT methods for
capillary velocimetry. Biomedical Optics Express, 3(3):612–629, 2012. doi:
10.1364/BOE.3.000612.

[117] Jonghwan Lee, Weicheng Wu, Frederic Lesage, and David A. Boas. Multiple-
capillary measurement of RBC speed, flux, and density with optical coherence
tomography. Journal of Cerebral Blood Flow and Metabolism, 33(11):1707–
1710, 2013. doi: 10.1038/jcbfm.2013.158.

[118] Bernhard Baumann. Spektrale Optische Kohärenztomographie bei 1310 nm.
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